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Preface to ”Surface Engineering of Biomaterials”
Unmet clinical needs, in terms of improved implant fixation, tissue regeneration, infection
prevention, and complex reconstructive surgeries, present increasingly more sophisticated challenges
that require the development of implants with multiple advanced functionalities. Moreover,
a significant increase in life quality and expectancy, together with improvements in surgical
techniques, have resulted in a steep increase in implant usage over the past 20 years. Therefore,
many attempts have been devoted to the design and synthesis of new biomaterials which could
potentially meet these increasing demands. In particular, additive manufacturing or 3D-printing
enable us to fabricate biomaterials with much larger surface areas, thereby amplifying the
functionalities which originate from their surfaces [1]. The huge surface area of the 3D-printed
implants may be treated using various surface biofunctionalization techniques that modify its
nano-topography and surface chemistry [2,3]. Furthermore, multifunctional coatings with bespoke
release profiles of the active agents provide many opportunities to repair and reconstruct the
damaged tissue or organ [4,5]. Nonetheless, there are still many complicated clinical scenarios that
should be tackled in this field, and in response, we have focused this Special Issue of Coatings
on emerging efforts in the surface engineering of biomaterials and their impact on reducing the
abovementioned challenges.
Contributions to this Special Issue include original papers covering the development of different
surface modification and coating techniques, which improve the bio-functionality of implants.
In particular, Lee et al. [6] immobilized rhBMP-2 and/or rhPDGF-BB on titanium implant surfaces
via heparin-dopamine interfaces and evaluated the bone regeneration performance of surface
treated alveolar ridges in an animal study (beagle dogs). In an in vitro study, the solution
plasma surface modification technique was used by Badruddoza Dithi et al. [7] to apply a
thin and uniform hydroxyapatite film coating on titanium implants, which enhanced its bone
formation. In another study [8], a novel bioactive glass was coated on a dental implant via
electrophoretic deposition, which yielded a firm and non-cytotoxic coating. Furthermore, different
surface modification techniques, namely electropolishing, micro-powder blasting and anodizing,
were used by Yen et al. [9] to fabricate various micro-nano structure morphologies on an aluminum
template. Finally, Muguruma et al. [10] investigated the mechanical and bonding properties of
diamond-like carbon coating on stainless steel samples made by the plasma-based ion implantation/
deposition method.
In summary, this Special Issue provides different surface engineering approaches to improve
implants’ bioactivity, which could potentially be used for (pre-)clinical cases. As such, I hope that
this Special Issue will act as a forum to highlight and identify emerging research in the field.
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Abstract: The aim of this study was to examine the effects of immobilizing rhPDGF-BB plus
rhBMP-2 on heparinized-Ti implants on in vivo osseointegration and vertical bone regeneration
at alveolar ridges. Successful immobilizations of rhPDGF-BB and/or rhBMP-2 onto heparinized-Ti
(Hepa/Ti) were confirmed by in vitro analysis, and both growth factors were found to be
sustained release. To evaluate bone regeneration, rhPDGF-BB, and/or rhBMP-2-immobilized
Hepa/Ti implants were inserted into beagle dogs; implant stability quotients (ISQ), bone mineral
densities, bone volumes, osseointegration, and bone formation were assessed by micro CT and
histometrically. In vivo study showed that the osseointegration and bone formation were greater
in the rhPDGF-BB/rhBMP-2-immobilized Hepa/Ti group than in the rhPDGF-BB-immobilized
Hepa/Ti group. The rhPDGF-BB/rhBMP-2 immobilized Hepa/Ti group also showed better implant
stability and greater bone volume around defect areas and intra-thread bone density (ITBD) than the
rhBMP-2-immobilized Hepa/Ti group. However, no significant differences were observed between
these two groups. Through these results, we conclude rhBMP-2 immobilized, heparin-grafted
implants appear to offer a suitable delivery system that enhances new bone formation in defect
areas around implants. However, we failed to observe the synergetic effects for the rhBMP-2 and
rhPDGF-BB combination.
Keywords: rhBMP-2; rhPDGF-BB; heparin; implant surface; osseointegration; bone regeneration;
beagle dog
1. Introduction
Dental implants have been generally used as credible and secure treatments for the restoration of
function and aesthetics of edentulous patients [1]. However, patients who have insufficient bone quality
and quantity, or poor healing and regenerative capacities have been reported to experience unfavorable
results after implant treatment [2]. To improve the success rate of these patients, it is important to
increase the initial fixation of implant fixtures and to shorten the time required for the upper prosthesis
to connect [3]. Recently, developments have focused on biomimetic treatment techniques based on
applying biomolecules, such as bone morphogenetic protein (BMP) or platelet-derived growth factor
(PDGF), to implant surfaces to address these problems [4–6].
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BMP is a well-known growth factor that enhances bone regeneration by inducing the
differentiation of mesenchymal stem cells to osteoblasts and promotes biosynthesis of bone matrix by
regulating factors that are required for osteoinduction [7,8]. BMP-2, which is one of the 16 members
of the BMP family, has been proven to be used in a variety of medical treatments by animal and
clinical studies [4]. In particular, in one study an anodized titanium implant coated with recombinant
human BMP-2 (rhBMP-2) produced by genetic recombination was found to be an effective carrier of
rhBMP-2 [5]. However, several studies have reported that rhBMP-2 has no significant effect on bone
formation [9,10]. These negative results were suggested to be due to large initial release of rhBMP-2,
lack of standardization of the optimal rhBMP-2 concentration, and the use of only one type of growth
factor, as natural regeneration process in man involves multiple growth factors [11–14].
Platelet-derived growth factor (PDGF), which is well-characterized tissue growth factor has been
used in numerous in vivo and clinical studies [15–20], and has been shown to effectively promote bone,
ligament, and cement regeneration in the periodontology field. [21,22]. PDGF is present in bone matrix
and is secreted from platelets locally at fracture sites during initial fracture repair [23,24]. PDGF-BB is
one of the five PDGF isoforms and is biologically the most potent and binds with greatest affinity to
osteoblasts [6,25]. PDGF-BB has both mitogenic and chemotactic effects on osteoblasts and stimulates
collagen I synthesis by osteoblasts [23]. It is also important for embryologic skeletal development,
and when used topically, it can accelerate fracture healing in animals [26]. PDGF-BB has also been
efficaciously used to treat osteoporosis in rodents, in which it improved trabecular bone strength and
density [27].
Heparin is a natural linear polysaccharide and a highly sulfated glycosaminoglycan that binds
strongly with various growth factors [28]. Biomaterial systems containing heparin exhibit controlled
growth factor release [29,30]. When heparin was covalently grafted on anchored free amino positive
groups on titanium surfaces, the primary amine groups of growth factors, such as BMP-2 or PDGF-BB,
were found to bind to the carboxyl groups of bound heparin [31]. In a previous study, we suggested
PDGF-BB/Hepa-Ti system exhibited promising potentials for the enhancements the functions of
osteoblast [32]. Also in another previous study on PDGF-BB and BMP-2 co-delivery system on Hep-Ti
substrates, the co-delivery system positively promoted functions of osteoblasts [6]. Many experiments
have been performed on heparin and growth factor combinations in attempts to induce proper growth
factor release, but these experiments were performed at the cellular level or under conditions too far
removed from clinical situations.
Therefore, the purpose of this study was to confirm the effects of rhPDGF-BB and rhBMP-2
co-delivery in large animals using clinically reproducible conditions. rhPDGF-BB or/and rhBMP-2
were immobilized onto the surfaces of heparinized-Ti implants and inserted into open defects in
beagle dog models. Histomorphometric analysis was conducted to evaluate the effect of rhPDGF-BB,
rhBMP-2, and rhPDGF-BB/rhBMP-2 implants on osseointegration and bone regeneration.
2. Materials and Methods
2.1. Materials
Titanium discs (diameter 1.2 cm; height 0.3 cm) were supplied by Cowellmedi (Busan,
Korea). Recombinant human platelet-derived growth factor-BB (rhPDGF-BB), recombinant human
bone morphogenic protein-2 (rhBMP-2), rhPDGF-BB, and rhBMP-2 ELISA kits were purchased
from PeproTech Inc. (Rocky Hill, NJ, USA). Ascorbic acid, dexamethasone, β-glycerophosphate,
and dopamine were from Sigma-Aldrich (St. Louis, MO, USA), and heparin sodium (molecular
weight: 12,000–15,000 g/moL) was from Acrose Organics (Belgium, NJ, USA). Dulbecco’s
modified Eagle’s medium (DMEM), fetal bovine serum (FBS), phosphate-buffered saline (PBS),
and penicillin-streptomycin (PS) were from Gibco BRL (Rockville, MD, USA).
2
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2.2. Surface Modification of Titanium (Ti) with Heparin-Dopamine (Hepa-DOPA) and rhPDGF-BB
and/or rhBMP-2
In order to immobilize rhPDGF-BB and/or rhBMP-2, Ti surfaces were modified with
heparin-dopamine (Hepa-DOPA). Ti discs were placed in 10 mL Tris·HCl buffer (pH 8.0, 10 mM)
containing 2 mg/mL Hepa-DOPA in the darkroom for 24 h. The Hepa-DOPA modified Ti disc was
rinsed with distilled water (DW) and dried under nitrogen. Hepa-DOPA modified Ti is hereafter
referred to as Heparinized-Ti (Hepa/Ti). To immobilize both rhPDGF-BB and rhBMP-2 on the
surface of Hepa/Ti, a Hepa/Ti disc was immersed in MES buffer solution (pH 5.6, 0.1 M), and then
rhPDGF-BB (50 ng/mL) and rhBMP-2 (50 ng/mL) were added. The reaction was allowed to proceed
for 24 h at room temperature (RT), and then the disc was rinsed with DW and dried. rhPDGF-BB
and rhBMP-2 immobilized on Hepa/Ti disc are hereafter referred to as PDGF/BMP/Hepa/Ti disc.
rhPDGF-BB (100 ng/mL) or rhBMP-2 (100 ng/mL) modified Hepa/Ti disc were also fabricated using
the same method. rhPDGF-BB or rhBMP-2 immobilized on Hepa/Ti disc are hereafter referred to as
PDGF/Hepa/Ti or BMP/Hepa/Ti disc, respectively.
2.3. Characterization of Ti, Hepa/Ti, PDGF/Hepa/Ti, BMP/Hepa/Ti, and PDGF/BMP/Hepa/Ti Substrates
2.3.1. Scanning Electron Microscope (SEM) Image
The surfaces of Ti, Hepa/Ti, PDGF/Hepa/Ti, BMP/Hepa/Ti, and PDGF/BMP/Hepa/Ti disc
were observed by scanning electron microscopy (SEM; S-2300, Hitachi, Tokyo, Japan). Samples were
coated with gold using a sputter coater (Eiko IB, Eiko Engineering, Tokyo, Japan) and SEM was
performed at 3 kV.
2.3.2. X-ray Photoelectron Spectroscopy (XPS)
The surface chemical compositions of Ti, Hepa/Ti, PDGF/Hepa/Ti, BMP/Hepa/Ti,
and PDGF/BMP/Hepa/Ti disc were investigated by X-ray photoelectron spectroscopy (XPS; K-Alpha
spectrometer; Thermo Electron, Rockford, IL, USA). Amounts of heparin immobilized onto Ti were
measuredusing toluidine blue. Hepa/Ti disc was immersed in 1 mL PBS buffer (pH 7.4) containing
1 mL 0.005% toluidine blue, gently shaken for 30 min, and 2 mL of hexane was added. After removing
the disc, absorbance of the aqueous phase was measured by a Flash Multimode Reader (Varioskan™,
Thermo Scientific, Waltham, MA, USA) at 620 nm. The amount of heparin immobilized onto disc were
calculated using a calibration curve prepare using different concentrations of heparin.
2.3.3. In Vitro rhPDGF-BB and rhBMP-2 Release
To determine the releases of rhPDGF-BB and rhBMP-2 from PDGF/Hepa/Ti, BMP/Hepa/Ti,
and PDGF/BMP/Hepa/Ti, a prepared disc was placed in a 15 mL conical tube (Falcon, North Haledon,
NJ, USA) containing PBS buffer (pH 7.4) at 37 ◦C with 100 rpm. At predetermined times of 1 h, 3, 6,
and 10 h, and 1, 3, 5, 7, 10, 14, 21, and 28 days, supernatants were collected and buffer was replenished
with an equal volume of fresh PBS. Amounts of rhPDGF-BB and rhBMP-2 released were determined
using an enzyme-linked immunosorbent assay kit (ELISA), according to the manufacturer’s instruction
using a Varioskan Flash Multimode Reader (Thermo Fisher Scientific, Waltham, MA, USA) at 450 nm.
2.4. In Vitro Cell Study
2.4.1. Alkaline Phosphatase (ALP) Activity
To confirm the effects of immobilized rhPDBF-BB, rhBMP-2, or rhPDGF-BB/rhBMP-2 on
osteogenic differentiation, we evaluated the ALP activities and calcium contents, as early and late
differentiation of MG-63 osteoblast-like cells, were evaluated, respectively. ALP activities were
measured after culture for 3, 7, or 10 days. In brief, cells (1 × 105 cells/mL) were seeded on the
surfaces of each Ti disc (n = 5). At predesignated times, cells and Ti sample were washed with PBS.
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Then, RIPA buffer (1×) containing protease and phosphatase inhibitor was added to cells. Cells
were then lysed with RIPA (1×) buffer and centrifuged at 13,500 rpm for 1 min to remove cell debris.
P-nitrophenyl phosphate solution was then added to supernatants and incubated for 30 min at 37 ◦C
and 1 N NaOH was added to stop reactions. Optical densities of ALP were determined using a Flash
Multimode Reader at 405 nm.
2.4.2. Calcium Contents
To determine the calcium contents of MG-63 cells, cells were seeded at a density of 1 × 105 cells/mL
on the surfaces of each Ti disc (n = 5) and cultured for 7 or 21 days. Ti discs were then rinsed with PBS,
and treated with 0.5 N HCl for 24 h, the Ti discs containing cells were performed by centrifugation
at 13,500 rpm for 1 min. Calcium contents were assessed by a QuantiChrom Calcium Assay Kit
(DICA-500, BioAssay Systems, Hayward, CA, USA) using calcium chloride as a standard and a Flash
Multimode Reader at 612 nm.
2.4.3. Gene Expressions
To assess the osteogenic differentiation effects of different substrates, gene expressions of
osteogenic differentiation markers, that is, osteocalcin (OCN) and osteopontin (OPN), were investigated
by real-time PCR. Cells were seeded at 1 × 105 cells/mL on Ti, PDGF/Hepa/Ti, BMP/Hepa/Ti,
and PDGF/BMP/Hepa/Ti, and cultured for 7 or 21 days (n = 5). RNA was extracted using the RNeasy
Plus Mini Kit (Qiagen, Valencia, CA, USA). 1 μg of total RNA was reverse transcribed into cDNA
using AccuPower RT PreMix (Bioneer, Daejeon, Korea), according to the manufacturer’s protocol.
Primer sequences of target genes were as follows: OCN (F) 5′-TTG GTG CAC ACC TAG CAG AC-3′,
(R) 5′-ACC TTA TTG CCC TCC TGC TT-3′; and OPN (F) 5′-GAG GGC TTG GTT GTC AGC-3′, (R)
5′-CAA TTC TCA TGG TAG TGA GTT TTC C-3′. PCR amplification and detection were performed
using an ABI7300 Real-Time Thermal Cycler (Applied Biosystems, Foster, CA, USA).
2.5. In Vivo Animal Study
2.5.1. Fabrication of Implants
Forty implants (Ø 4.0 × H 8.0; Cowellmedi Co., Busan, Korea) were prepared for animal study.
All of the the treated implants were fabricated by pure titanium (grade 4), and had microthreads on one
end and broader threads on the other. Implant surfaces were anodized (Cowellmedi Co., Busan, Korea),
and anodized implants were used as controls (Ti group), the experimental groups were as follows;
the heparinized implant group (the Hepa/Ti group), the rhPDGF-BB (0.75 mg/mL) [33] immobilized
implant group (the PDGF/Hepa/Ti group), the rhBMP-2 (0.75 mg/mL) immobilized implant group
(BMP/Hepa/Ti group), and the rhPDGF-BB (0.75 mg/mL) plus rhBMP-2 (0.75 mg/mL) [34,35]
immobilized implant group (PDGF/BMP/Hepa/Ti group). Eight implants were allocated to each
group (a total of 40). To apply rhBMP-2/rhPDGF-BB coating, each implant was placed h in the protein
solution for 12 (0.75 mg/mL for rhBMP-2, 0.75 mg/mL for rhPDGF-BB) up to its microthreads, and then
freeze dried under sterile conditions (freeze dried at −40 ◦C, and then vacuum dried at ≤20 ◦C).
This study was carried out with the approval from the Ethics Committee on Animal
Experimentation of Chun Nam University (CNU IACUC-TB-2010-10). Five three-year-old beagle dogs
of weight 13–15 kg were used for this study. Animals were given two-weeks to acclimatize, fed a
soft-dog food diet, and had free access to water.
2.5.2. Surgical Procedures
At first surgery, premolars and first molars of upper and lower jaws were extracted. Animals
were pre-anaesthetized with atropine sulfate induction (0.05 mg/kg IM; Dai Han Pharm Co., Seoul,
Korea) and maintained on isoflurane (Choongwae Co., Seoul, Korea) gas anesthesia. Lidocaine (1 mL;
Yu-Han Co., Gunpo, Korea) containing 1:100,000 epinephrine was infiltrated into mucosae at surgical
4
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sites. The upper, lower premolars, and first molars were separated into mesial and distal roots. Care
was taken to preserve the lateral, lingual, and buccal walls of alveolar sockets. Teeth were extracted
carefully, and extraction sites were sutured with nylon silk (4-0, Mersilk, Ethicon Co., Livingston, UK)
to enhance healing. The extraction sites were allowed to heal for two months.
Implant surgery was performed when extraction sockets had completely healed. The anesthesias
(local and general) were performed, as described for first surgery. The implants of each groups were
implanted at edentulous mandibular alveolar ridge. Briefly, each alveolar ridge was trimmed by
~1.5 mm to create a flat ridge before implant insertion, the buccal open defect model that had 2.5 mm
depth was formed. This model was not buccal bone, and there was mesial-lingual-distal 1 mm defect
area around 2.5 mm upper portion of implant (Figure 1a). Implants (control (Ti) group, Hepa/Ti
group, PDGF/Hepa/Ti group, BMP/Hepa/Ti group, and PDGF/BMP/Hepa/Ti group) were installed
randomly on right and left mandibular alveolar ridges (8 implants per dog). To place implants at the
same position on both sides, exposed bone was marked at implant placement sites using a ruler. 5 mm
of implant was placed within the reduced alveolar ridge to the reference notch level (shown on the
implant), which resulted in a 2.5 mm peri-implant buccal open defects (Figure 1b,c). Each implant
was covered with cover-screw. Mucoperiosteal flaps were advanced, adapted, and sutured leaving the
implants submerged.
 
Figure 1. (a) Alveolar bone was flattened without exposing cancellous bone; (b) 5 mm of implant was
placed within the reduced alveolar ridge and upper 2.5 mm of implants was placed in supra alveolar
peri-implant buccal open defects; and (c) Schematic diagram of the buccal open defect model.
2.5.3. Post-Operative Care after Implant Placement and Sacrifice
A broad spectrum antibiotic (penicillin G with was administered immediately after implant
placement and again 48 h later by intramuscular injection (1 mL/5 kg). To control the plaque, Teeth
were washed out with 2% chlorhexidine gluconate every day until study completion. Observations of
experimental sites with regards to mucosal health, edema, maintenance of suture closure, and tissue
infection or necrosis were made daily until suture removal. Suture materials were removed one
week after implant placement. Experimantal animals were given a soft diet for two weeks, followed
by a conventional regular diet. The animals were anesthetized and euthanized at eight weeks after
implant placement by intravenous injection of concentrated sodium pentobarbital (Euthasol, Delmarva
Laboratories Inc., Midlothian, VA, USA). Following euthanasia, block sections including implants,
alveolar bone, and surrounding mucosa were collected.
2.5.4. Measurment of Implant Stability
Implant stability quotient (ISQ) values were measured to evaluate stability at the time of placement.
ISQ values of all the implants placed in mandibles were measured immediately and at week eight after
second surgery using Osstell Mentor® (Integtration Diagnostic Ltd., Göteborg, Sweden). ISQ values
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were measured five times for each implant, and mean and standard deviations (SDs) were calculated
after excluding minimum and maximum values.
2.5.5. Micro Computed Tomography (μCT)
The collected samples were fixed in phosphate-buffered formaldehyde (pH 7.4, 0.1 M PBS) and
dehydratied in ethanol 70%. Three dimensional (3D) μCT images were obtained to determine bone
mineral densities and bone volumes surrounding implants in defect areas. Specimens were wrapped
using Parafilm M® (Pechiney Plastic Packaging, Chicago, IL, USA) to prevent dry during scanning,
and scanned at 130 kV and 60 μA with a resolution of 12μm pixels using a bromine filter (0.25 mm)
(Skyscan-1173 Skyscan®, Kontich, Belgium). In addition, calibration rods of standard bone mineral
densities were also scanned. Cone-beam reconstruction (version 2.15, Skyscan®, Kontich, Belgium)
was performed, and all scan and reconstruction parameters that were applied were identical for all
the specimens and calibration rods. The collected data were analyzed by a CT analyser (version 1.4,
Skyscan®, Kontich, Belgium). The region of interest (ROI) was defined as annular region of thickness
1 mm surrounding a defect area in the marginal peri-implant from the first microthread to the last
microthread. Bone volumes (mm3) were measured in this region (Figure 2) and were expressed as
percentages of the total ROI volumes (mm3).
 
Figure 2. Micro-computed tomography (μCT) images in each group. (a) Buccolingual section image;
(b) three-dimensional (3D) image; (c) Horizontal section image; and (d) Mesiodistal section image.
Region of interest (ROI) was defined as an annular area of thickness 1 mm surrounding the defect area
(red circle) in the marginal portion of the peri-implant from the first microthread to the last microthread.
Bone volumes were measured in this ROI.
2.5.6. Histologic and Histometric Analysis
The harvested specimens were imsersed in neutral buffered formalin (Sigma Aldrich, St Louis,
MO, USA), fixed for two weeks, and dehydrated in ascending concentrations of ethanol (70%, 80%,
90%, and 100%), and embedded in Technovit 7200 VLC resin (Heraeus KULZER, South Bend, IN,
USA). Embedded specimen blocks were sectioned longitudinally from the center of implant using an
diamond cutter (KULZER EXAKT 300, EXAKT, Norderstedt, Germany). The final slides (30 μm) were
prepared from initial 400 μm slides by grinding sections using an grinding machine (KULZER EXAKT
400CS, EXAKT, Norderstedt, Germany). Hematoxylin-eosin staining was perfomed, and images were
captured by computer connected to light microscope (Olympus BX, Olympus, Tokyo, Japan) attached
6
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to a CCD camera (Polaroid DMC2 digital Microscope camera (Polaroid Corporation, Cambridge, MA,
USA). All assessments were made by one skilled investigator using SPOT Software (Ver. 4.0, Diagnostic
Instrument, Inc., Sterling Heights, MI, USA).
The following parameters [36] were evaluated:
• Bone growth height in buccal defect areas (BG, mm): The thickness of bone that grew upward
from the implant from the reference point on the buccal defect site on the alveolar ridge.
• Bone to implant contact in microthreads (microBIC, %): The bone to implant contact ratio was
measured in buccal and lingual defect areas where the bone grew along the implant from the
implantation reference point on the alveolar ridge.
• Bone to implant contact in macrothreads (macroBIC, %): The bone to implant contact ratio was
measured in existing bone where the implant was implanted.
• Intra-thread bone density in macrothreads (ITBD, %): Intra-thread bone density was measured in
the existing bone where the implant was placed.
After measuring the percentage of bone to implant contact (BIC, %), the ratio of bone formation
area on intra-threads of implant to overall threads was calculated to determine intra-thread bone
density (ITBD, %). Height of newly formed marginal bone by implants was measured. images
of specimens were captured at a magnification of ×12.5 and ×40. For the histometric analysis,
a magnification of ×40 was used.
2.5.7. Statistical Analysis
All of the analyses were performed using statistical program (SPSS ver. 21.0). Mean and SDs
of ISQ values and of BIC and ITBD values were calculated for each group. Comparisons of ISQ
values between the experimental and control groups were made using the Mann-Whitney U test.
The Shapiro-Wilk test was used to test the normalities of distributions, and then one-way ANOVA
was used to compare group BICs, ITBDs, and bone growths. Post hoc testing was performed using
Bonferroni’s test using a significance level of 95%.
3. Results
3.1. Characterization of Ti and Modified Ti Morpholgies
3.1.1. Scanning Electron Microscopy (SEM)
As shown in Figure 3, the surface morphologies of Ti, Hepa/Ti, PDGF/Hepa/Ti, BMP/Hepa/Ti,
and PDGF/BMP/Hepa/Ti discs were investigated using SEM. Ti modified with rhHepa-DOPA,
rhPDGF-BB, rhBMP-2, or rhPDGF-BB/rhBMP-2 had surface morphologies similar to Ti alone. These
results indicate that the surfaces of Ti modified by small molecules, such as, Hepa-DOPA, rhPDGF-BB,
rhBMP-2, or rhPDGF-BB/rhBMP-2 cannot be differentiated by SEM.
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Figure 3. Scanning electron microscope (SEM) images of (a) Ti, (b) Hepa/Ti, (c) PDGF/Hepa/Ti,
(d) BMP/Hepa/Ti, and (e) PDGF/BMP/Hepa/Ti.
3.1.2. X-ray Photoelectron Spectroscopy (XPS)
The surface chemical compositions of all Ti substrates determined by XPS are shown in Table 1.
After anchoring Hepa-DOPA on the surface of Ti, C1s, and N1s peaks increased to compare with Ti
alone. After immobilizing rhPDGF-BB and/or rhBMP-2 on the surface of Hepa/Ti disc, the N1s peak
was increased and the S2p peak decreased versus Hepa/Ti. The amount of heparin anchored onto the
Ti surface was 1.62 ± 0.32 μg/disc.
Table 1. Surface chemical compositions evaluated in 1 disc per group.
Specimen C1s (%) N1s (%) O1s (%) S2p (%) Ti2p (%) Total (%)
Ti 56.47 0.88 30.46 - 12.19 100
Hepa/Ti 62.01 3.01 28.63 0.56 5.79 100
PDGF/Hepa/Ti 60.86 5.28 30.23 0.36 3.27 100
BMP/Hepa/Ti 61.52 5.90 28.99 0.41 3.18 100
PDGF/BMP/Hepa/Ti 60.25 5.87 30.56 0.30 3.02 100
3.2. In Vitro rhPDGF-BB and rhBMP-2 Releases
The release behaviors of rhPDGF-BB or rhBMP-2 from PDGF/Hepa/Ti, BMP/Hepa/Ti,
and PDGF/BMP/Hepa/Ti are shown in Figure 4, respectively. The amounts of rhPDGF-BB released
from PDGF/Hepa/Ti and PDGF/BMP/Hepa/Ti discs were 25.20 ± 6.48 ng and 15.56 ± 4.55 ng
after 1 day, respectively. Over 28 days, the amounts of rhPDGF-BB released were 66.69 ± 5.81 ng for
PDGF/Hepa/Ti and 34.52 ± 4.55 ng for PDGF/BMP/Hepa/Ti. In addition, on day 1, the amounts
of rhBMP-2 that is released from BMP/Hepa/Ti and PDGF/BMP/Hepa/Ti were 27.46 ± 6.71 ng
and 16.56 ± 4.48 ng, respectively. Over the 28-day period, the amount of rhBMP-2 released was
69.85 ± 7.43 ng for BMP/Hepa/Ti and 37.52 ± 4.26 ng for PDGF/BMP/Hepa/Ti.
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Figure 4. In vitro releases of (a) rhPDGF-BB and (b) rhBMP-2 from PDGF/Hepa/Ti, BMP/Hepa/Ti
and PDGF/BMP/Hepa/Ti.
3.3. In Vitro Cell Study
3.3.1. ALP Activity
ALP activities of MG-63 cells seeded on the surface of Ti, PDGF/Hepa/Ti, BMP/Hepa/Ti,
and PDGF/BMP/Hepa/Ti discs were confirmed after 3, 7, and 10 days of culture (Figure 5a). On day 3,
the ALP activities of cells cultured on PDGF/Hepa/Ti, BMP/Hepa/Ti, and PDGF/BMP/Hepa/Ti
were higher than that of cells cultured on Ti. On days 7 and 10, the ALP activities of cells that are
grown on PDGF/Hepa/Ti, BMP/Hepa/Ti, and PDGF/BMP/Hepa/Ti differed significantly from
those grown on Ti alone. On days 7 and 10, the ALP activity of cells cultivated on BMP/Hepa/Ti was
significantly higher than that of those cultyivated on PDGF/Hepa/Ti or PDGF/BMP/Hepa/Ti.
Figure 5. (a) Alkaline phosphatase (ALP) activities of cells cultured on Ti, PDGF/Hepa/Ti,
BMP/Hepa/Ti, and PDGF/BMP/Hepa/Ti for 3, 7, or 10 days (* p < 0.05 and ** p < 0.01); (b) Calcium
contents of cells grown on Ti, PDGF/Hepa/Ti, BMP/Hepa/Ti, and PDGF/BMP/Hepa/Ti for 7 or 21 days
(* p < 0.05 and ** p < 0.01).
3.3.2. Calcium Contents
The calcium contents of MG-63 cells cultured on Ti, PDGF/Hepa/Ti, BMP/Hepa/Ti,
and PDGF/BMP/Hepa/Ti discs for 7 and 21 days are shown in Figure 4. The calcium contents
of cells cultivated on PDGF/Hepa/Ti, BMP/Hepa/Ti, and PDGF/BMP/Hepa/Ti were significantly
greater than that those that were grown on Ti alone on days 7 and 21. Moreover, the calcium contents of
9
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cells grown on BMP/Hepa/Ti and PDGF/Hepa/Ti and on BMP/Hepa/Ti and PDGF/BMP/Hepa/Ti
differed significantly.
3.3.3. Gene Expressions
After 7 and 21 days of culture, the mRNA expression levels of OCN and OPN in cells grown on Ti
disc or on Ti modified with rhPDGF-BB and/or rhBMP-2 were determined by real-time PCR (Figure 6).
mRNA expression levels of OCN and OPN in cells cultured on BMP/Hepa/Ti or PDGF/BMP/Hepa/Ti
were markedly higher than in those cultured on Ti alone at day 7. In addition, OCN and OPN
expressions in cells cultivated on PDGF/Hepa/Ti were greater than in those cultivated on Ti alone
at day 7, but not significantly so. On day 21, the expression levels of OCN and OPN in cells that are
grown on Hepa/Ti immobilized with rhPDGF-BB and/or rhBMP-2 and Ti alone were significantly
different, as were OCN and OPN expressions in cells cultivated on BMP/Hepa/Ti and PDGF/Hepa/Ti
or PDGF/BMP/Hepa/Ti discs.
Figure 6. Real-time PCR analysis of the mRNA levels of (a) osteocalcin and (b) osteopontin in cells
grown on Ti, PDGF/Hepa/Ti, BMP/Hepa/Ti, or PDGF/BMP/Hepa/Ti discs for 7 or 21 days (* p < 0.05
and ** p < 0.01).
3.4. In Vivo Animal Study
3.4.1. Clinical Findings
All of the experimental animals survived during the healing procedure, and there was no
observation of infection or inflammation at surgical sites. Samples of 40 implants were collected
without any issue for in vivo μCT and Histomorphometric analysis.
3.4.2. Stability Evaluation
Immediately after implantation, the ISQ values in all of the experimental groups were higher
than in control group, but differences were not statistically significant. At eight weeks after surgery,
ISQ values were higher than at baseline in the experimental groups, whereas in the control group, they
were lower or similar than baseline values. ISQ increases were significantly greater in the experimental
groups than in the control group (p < 0.05) (Table 2). But, no difference was observed between the
groups (p > 0.05).
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Table 2. Implant stability quotient (ISQ) values of groups immediately and 8 weeks after implantation.
Group At Surgery At 8 Weeks ISQ Change
Ti 70.00 ± 4.45 a 71.27 ± 7.67 a 0.27 ± 7.97 a
Hepa/Ti 70.59 ± 8.17 a 70.70 ± 5.78 a 0.01 ± 9.19 a
PDGF/Hepa/Ti 69.99 ± 5.12 a 71.01 ± 4.98 a 0.92 ± 8.32 a
BMP/Hepa/Ti 71.33 ± 6.82 a 77.14 ± 5.23 b 5.32 ± 5.33 b
PDGF/BMP/Hepa/Ti 70.43 ± 6.44 a 81.41 ± 5.11 b 8.11 ± 7.09 b
* p 0.1255 0.0201 0.0011
Notes: At surgery: ISQ value at surgery; At week 8: ISQ value 8 weeks after surgery; a,b: Numbers in the same
column with the same superscripts were not significantly different; p values were obtained by ANOVA; *p < 0.05.
3.4.3. Micro Computed Tomography (μCT)
Mean bone volume (%) in the control group was 18.19 ± 4.39% and in the Hepa/Ti,
PDGF/Hepa/Ti, BMP/Hepa/Ti, and PDGF/BMP/Hepa/Ti groups mean bone volumes were
13.05 ± 5.15, 21.29 ± 9.56, 40.95 ± 9.07, and 43.73 ± 6.75%, respectively (Figure 7; n = 8). Bone
volumes in the BMP/Hepa/Ti and PDGF/BMP/Hepa/Ti groups were significantly higher than in
the other groups (p < 0.05). But, there was no significant difference between the BMP/Hepa/Ti and
PDGF/BMP/Hepa/Ti groups (p > 0.05).
 
Figure 7. μCT 3D images of the five study groups. (a) Ti group; (b) Hepa/Ti group; (c) PDGF/Hepa/Ti
group; (d) BMP/Hepa/Ti group; and (e) PDGF/BMP/Hepa/Ti group (×12.5 magnification). Note
pronounced re-modeling of peri-implant bone and vertical bone growth in the BMP/Hepa/Ti
and PDGF/Hepa/Ti groups. No bone growth was observed in defect areas in the Ti, Hepa/Ti,
and PDGF/Hepa/Ti groups.
3.4.4. Histomorphometric Analysis
Jaw quadrants in the BMP/Hepa/Ti and PDGF/BMP/Hepa/Ti groups exhibited bone formation
approaching microthreads and bone remodeling around implants (Figure 8). There was about 1.1 mm
more bone gain in the BMP/Hepa/Ti and PDGF/BMP/Hepa/Ti groups than in the control group
(p < 0.05). In the control and heparin groups, vertical bone loss was observed in buccal defect areas.
The control, heparin, and PDGF groups showed failure of osseointegration in lingual regions observed
a 1 mm gap between fixture and bone (Figure 9). The microBIC values of the BMP/Hepa/Ti and
PDGF/BMP/Hepa/Ti groups were significantly greater than those of the other groups (p < 0.05), but
no significant difference was observed between the BMP/Hepa/Ti and PDGF/BMP/Hepa/Ti groups
(p > 0.05). The BMP/Hepa/Ti and PDGF/BMP/Hepa/Ti groups showed successful osseointegration
in lingual portions (Figure 10). Mean group percentages (±SD) of BIC and ITBD within macrothreads
eight weeks after surgery were not significantly different (p > 0.05) (Table 3).
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Figure 8. Histological specimens of the five groups. (a) Ti group; (b) Hepa/Ti group; (c) PDGF/Hepa/Ti
group; (d) BMP/Hepa/Ti group; and (e) PDGF/BMP/Hepa/Ti group (×12.5 magnification). Note
pronounced peri-implant bone re-modeling and vertical bone growth in the BMP/Hepa/Ti and
PDGF/BMP/Hepa/Ti groups. Red lines indicate defect levels.
 
 
Figure 9. Microthread defect areas in the control (Ti), Hepa/Ti and PDGF/Hepa/Ti groups. Group BIC
and ITBD within macrothreads at 8 weeks after surgery were not significantly different. In the control
and heparin groups, vertical bone loss was detected in buccal defect areas. Failure of osseointegration in
the lingual portion observed as a 1 mm gap between fixture and bone was present in the control, heparin,
and PDGF groups. (a–c) Ti group; (d–f) Hepa/Ti group; (g–i) PDGF/Hepa/Ti group; (a,d,g) lingual
portion of microthread; and (c,f,i) buccal portion of microthread. (a,c,d,f,g,i) ×40 magnification,
(b,e,h) ×12.5 magnification.
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Figure 10. Microthread defect area in the BMP/Hepa/Ti and PDGF/BMP/Hepa/Ti groups.
The BMP/Hepa/Ti and PDGF/BMP/Hepa/Ti group exhibited successful osseointegration in lingual
portions. (a,d) lingual microthread portion; (c,f) buccal microthread portion; (a–c) BMP/Hepa/Ti
group; (d–f) PDGF/BMP/Hepa/Ti group. (a,c,d,f) ×40 magnification, (b,e) ×12.5 magnification.
Table 3. Results of histometric analysis performed at 8 weeks after surgery. (Buccal bone level, BIC on
macrothreads, and bone density on macrothreads; n = 8).
Group BG (mm) microBIC (%) macroBIC (%) ITBD (%)
Ti 0.23 ± 0.22 a 11.05 ± 5.09 a 23.58 ± 1.63 a 54.90 ± 7.24 a
Hepa/Ti −0.06 ± 0.21 a 9.27 ± 1.95 a 18.47 ± 2.89 a 53.98 ± 3.77 a
PDGF/Hepa/Ti 0.12 ± 0.28 a 9.59 ± 3.99 a 20.62 ± 2.30 a 61.64 ± 6.17 a
BMP/Hepa/Ti 1.34 ± 0.17 b 27.76 ± 3.03 b 22.20 ± 2.89 a 60.80 ± 3.32 a
PDGF/BMP/Hepa/Ti 1.31 ± 0.12 b 31.79 ± 3.90 b 23.54 ± 2.30 a 69.22 ± 3.96 a
* p 0.000 0.000 0.544 0.244
Notes: BG: Bone growth height in buccal defect area (mm); microBIC: Bone to implant contact in the microthreads
(%); macroBIC: Bone to implant contact in macrothreads (existing bone area around implant, %); ITBD: Intra-thread
bone density in macrothreads (existing bone area around implant, %); a,b: Means with the same superscripts in
same columns were not significantly different; p values were obtained by ANOVA; *p < 0.05.
4. Discussion
Many studies have been conducted on implant surfaces treated with growth factors like BMP-2,
to increase vertical and horizontal bone regeneration without the use of additional bone grafts or
barrier membranes [37,38]. Although BMP-2 is one of the effective growth factors, rapid release at an
early stage and rapid diffusion into body fluids has limited its clinical applications [39,40]. In order
to overcome these problems, the present study was undertaken on a heparin-based release system
to provide the sustained and local release of BMP-2 [30,41,42]. Since titanium has good mechanical
properties, corrosion resistance, and biocompatibility without biological activity, it is generally used
as an implant material [43]. Due to its inertness in vivo, physical adsorption or chemical coatings are
13
Coatings 2018, 8, 17
required to enable biomolecules to adhere to titanium surfaces [44]. However, the chemical substances
used for this purpose, such as, APTES, EDAC, and NHS, are harmful to the human body [45]. In this
study, titanium was coated with heparin using a dopamine surface modification technique, which
has been reported to be biocompatible in in vivo toxicity studies [46]. Dopamine is a small molecule
substance that possesses catechol and amine functional groups [47]. The catechol component bonds to
titanium oxide surfaces and provides an amine group that can bind heparin [48,49].
It has been reported that combinations of different growth factors produce synergistic effects that
promote the complex cellular activities that occur during bone regeneration and osseointegration [33,50,51].
However, most studies are limited to cell experiments, the studies reproducing the clinical situation
in large animals are rare. Therefore, in the present study, rhBMP-2 and rhPDGF-BB immobilized on
Ti surfaces modified with Hepa-DOPA were utilized to establish an effective growth factor delivery
system to ensure sustained factor release in appropriate amounts over sufficient time in beagle
mandible model. The concentration of rhBMP-2 that is used in this study was set based on our
previous studies, which reported 0.75 mg/mL of rhBMP-2 is effective on bone regeneration [34,35].
In PDGF, the previous study of Choo et al. [33] reported that the appropriate concentration of PDGF
was from 0.3 mg/mL up to 1 mg/mL, thus we chose 0.75 mg/mL of PDGF concentration within
that range. BMP and PDGF combined groups were studied in 1:10 ratio (PDGF:BMP) in previous
cell study [6], but we intended to increase the rate of PDGF to get enhanced bone regeneration as
ratio of 1:1. The results of our in vitro release experiments indicated that the inclusion of heparin
achieved sustained growth factor release, although previous studies have reported a burst release
pattern resulting in the release of 70%–90% over the first 6 h [52]. After 24 h, the amounts of PDFG-BB
and rhBMP released from PDGF/Hepa/Ti and BMP/Hepa/Ti were approximately 38%, respectively,
and the amounts of rhBMP and PDGF-BB released from PDGF/BMP/Hepa/Ti were 45%, respectively.
This suggests that PDGF-BB and rhBMP-2 show similar release tendencies in the presence of other
growth factors and heparin.
SEM analysis of Ti surface modified by heparin, rhPDGF-BB, or/and rhBMP-2 showed their
surface morphologies were similar to that of untreated Ti. XPS showed heparin was successfully
grafted on anodized Ti surfaces, as indicated by higher C and N peaks. In a previous study, successful
immobilization of rhBMP-2 on surface of carboxymethyl chitosan (CMCS)-grafted Ti was attributed
to the covalent bonds formation between the carboxyl groups of CMCS and the amine groups of
rhBMP-2 [53]. In the present study, successful anchoring of rhBMP-2 and rhPDGF-BB to Hepa/Ti
surfaces was demonstrated by further increases in N content.
ALP activity and calcium deposition as determined by in vitro studies are widely used as markers
of early and late differentiation to osteoblasts, respectively [54,55]. We measured ALP activity after
culturing MG-63 for 3, 7, or 10 days and calcium deposition after 7 or 21 days. ALP activities of
cells that are cultured on PDGF-BB and/or BMP/Hepa/Ti were found to be significantly higher than
those of cells cultured on untreated Ti on days 7 and 10 (* p < 0.05 and ** p < 0.01). As reported in a
previous study [6,56], our finding confirmed that rhBMP-2 and rhPDGF-BB both stimulate osteoblast
differentiation. Furthermore, the calcium contents of cells cultured on PDGF-BB or/and BMP/Hepa/Ti
were significantly higher than those of cells cultured on untreated Ti on days 7 and 21 (* p < 0.05
and ** p < 0.01). These results indicate that growth factor immobilized Ti substrates can stimulate
matrix formation and improve osteoblast cell function. ALP activity and calcium deposition in the
PDGF/BMP/Hepa/Ti group were significantly higher than in the PDGF/Hepa/Ti group, but were
significantly lower than in the BMP/Hepa/Ti group. In order to investigate the gene expression levels
of osteocalcin (OCN) and osteopontin (OPN), which are markers of cell differentiation, the total mRNAs
of cells cultured on four Ti surfaces were extracted. On day 21, significant differences were observed
between the OCN and OPN expressions of cells cultivated on BMP/Hepa/Ti and PDGF/Hepa/Ti or
PDGF/BMP/Hepa/Ti.
In the result of previous cell studies [6], PDGF-BB (5 ng/mL)/BMP-2(50 ng/mL)/Hepa/Ti (a 1:10
ratio of growth factors) was significantly higher than BMP/Hepa/Ti, whereas in this study, PDGF-BB
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(50 ng/mL)/BMP-2 (50 ng/mL)/Hepa/Ti (a 1:1 ratio) was significantly lower than BMP/Hepa/Ti.
Furthermore, ALP, calcium deposition, and gene expression not synergistically increased by the
copresence of rhPDGF-BB and rhBMP-2. These results indicate that different concentrations and ratios
of PDGF-BB should be selected.
The in vivo animal study was conducted to evaluate the synergic effects of rhBMP-2 (0.75 mg/mL)
when combined with rhPDGF-BB (0.75 mg/mL). A total of 40 implants of five groups (control (Ti)
group, Hepa/Ti group, PDGF/Hepa/Ti group, BMP/Hepa/Ti group, and PDGF/BMP/Hepa/Ti
group) were implanted without using additional implants or barrier membranes. To reproduce clinical
situations, a buccal open defect model with a 2.5 mm deep peri-implant bone defect was produced
in the mandibles of five beagle dogs. This model was designed with loss of buccal bone and a
mesial-lingual-distal 1 mm defect area around the 2.5 mm upper portions of implants. The upper part
of implants (microthread) was exposed 2.5 mm above alveolar bone and the lower part (macrothread)
was implanted into cortical bone. After a healing period of eight weeks, ISQ values showed the
presences of rhBMP-2 and rhPDGF-BB contributed positively to implant stability. Furthermore,
ISQ increases were significantly higher in the PDGF/BMP/Hepa/Ti and BMP/Hepa/Ti groups
than in the other three groups (* p < 0.05). However, there was no difference between these two
experimental groups (p > 0.05). μCT analysis showed new bone volumes in the BMP/Hepa/Ti and
PDGF/BMP/Hepa/Ti groups were significantly greater than in the other groups (* p < 0.05), but no
significant difference was observed between these two groups (p > 0.05). Our histomorphometric
analysis confirmed vertical new bone formation and osseointegration approaching microthreads
around peri-implant bone defects in the BMP/Hepa/Ti and PDGF/BMP/Hepa/Ti groups, whereas
osseointegration was unsuccessful in the Ti, Hepa/Ti and PDGF/Hepa/Ti groups, in which a 1 mm
gap between implant fixture and bone was observed at lingual portions. microBIC values in the
BMP/Hepa/Ti and PDGF/BMP/Hepa/Ti groups were significantly greater than in the other groups
(* p = 0.000), but no significant difference was observed between the two (p > 0.05). Our in vivo studies
were confirmed that PDGF (0.75 mg/mL)/BMP (0.75 mg/mL)/Hepa/Ti (a 1:1 growth factor) had no
synergic effect. Based on these results and limitations of present study, further studies on subdivided
concentrations and ratios, various implant surfaces and slow releasing systems are required to more
comprehensively investigate the effects of combinations of different growth factors on osseointegration
and bone regeneration.
5. Conclusions
Anodized Ti surfaces were successfully functionalized by surface grafting heparin and
subsequently immobilizing rhBMP-2 and/or rhPDGF-BB. rhBMP-2 immobilized, heparin-grafted Ti
implants were found to provide a suitable delivery system that enhanced osseointegration and bone
regeneration in defect areas around implants. However, the study failed to reveal any synergetic effect
resulting from the co-immobilization of rhBMP-2 and rhPDGF-BB.
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Abstract: Hydroxyapatite (HA) coatings on titanium implants enhance rapid bone formation around
the implant due to their osteoconductive property. The present study aimed to achieve a thin and
uniform HA film coating on titanium implants by solution plasma treatment (SPT). Commercially
pure titanium and porous titanium disks were employed. A pulse plasma generator was used on the
disks for 30 min. Morphologic and crystallographic features of the deposited films were examined
by scanning electron microscopy (SEM) and X-ray diffractometry (XRD). To evaluate the wettability
of the disks, water droplet (20 μL) surfaces were measured using a contact angle analyzer. The
initial attachment of osteoblast-like cells (MC3T3E1) on the titanium substrates before and after
solution plasma treatment was evaluated by counting the number of attached cells after incubation
for 4 h. After immersion in the mineralizing solution for up to seven days, no crystals were observed
on the polished-Ti surface. A more uniform and dense precipitation of round and grown crystals
with diameters of approximately 1–5 μm was observed on Ti-SPT. XRD clearly showed that the
precipitated crystals on titanium disks were HA. The contact angle of the polished-Ti increased with
time (θ = 37◦–51◦). The surface of the Ti-SPT remained hydrophilic (θ < 5◦) after up to 30 days of
aging. The number of attached cells on the Ti-SPT after aging for 30 days remained above 85% of that
on the Ti-SPT without aging. SPT in a mineralizing solution can be used to acquire a homogenous
precipitation of HA on porous-surfaced titanium implants.
Keywords: hydroxyapatite; titanium implants; mineralizing solution; solution plasma treatment
1. Introduction
The use of dental implants has revolutionized the current treatment of partially and fully
edentulous patients given their high level of predictability and wide variety of treatment options. In
2006, the estimated number of dental titanium implants placed in the United States was over five
million [1]. A major consideration in designing dental implants is the production of surfaces that
promote desirable responses in the cells and tissues.
Hydroxyapatite (HA) coatings on titanium implants facilitate rapid bone formation due to their
excellent osteoconductive property. HA-coated implants have been reported to stimulate bone
healing, which enhances improvement in the rate and strength of the initial implant integration.
For enhanced implant stability and bio-integration to bone tissue, various methods have been
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applied to coat the titanium implant with HA, for example, plasma spraying [2], electrophoretic
co-deposition [3], ion-beam-sputter deposition [4], dip coating in a simulated body fluid [5],
electrochemical deposition [6], blast coating [7], and thermally induced liquid-phase deposition [8,9].
Among these methods, titanium implant bodies coated with HA in dry processes, such as the plasma
spraying and ion-beam-sputter deposition methods, have already been used clinically. The HA coating
methods in dry processes, however, cannot be applied to titanium implant bodies with porous surface
structures. To coat titanium implants with a three-dimensional porous surface structure with HA film,
Kuroda et al. and Tamura et al. developed the titanium substrate heating method in a liquid [8,9]. Since
the solubility product of HA decreases with an increase in temperature above 16 ◦C, they electrically
heated the titanium substrate by applying a large current with an AC or DC power source to the
substrate in calcium phosphate solutions to precipitate HA crystals on the titanium surface. These two
studies demonstrated that the precipitated HA crystals were needle-like or plate-like in shape and that
the formation of a uniform and dense HA film consisting of fine and spherical HA crystals could not
be achieved. Another shortcoming of the titanium substrate heating method is that it requires a large
electric power source exceeding 1000 V for the deposition of HA crystals on the surface of the dental
implant body by Joule heating.
The solution plasma technique is an entirely new technology to coat an implant surface with HA
spherical particles. To date, this solution plasma technique has been used in the fields of chemistry
and applied physics [10]. When a pulsed voltage is applied between the two electrodes, a glowing
discharge takes place in the liquid, which generates plasma in the gas phase. This plasma produces
thermal energy and light, along with reactive chemical species such as hydrogen and hydroxide (OH)
ions. With this novel surface modification technique, the temperature of the solution in contact with the
titanium surface can easily be increased with the thermal energy generated by the solution plasma. In
this case, a thin and uniform HA layer is expected to be formed on a porous-surfaced titanium implant,
which will induce rapid bone growth into the pore space of the implant body, and also enhance the
biological anchorage of the implant with bone.
The present study aimed to achieve a thin and uniform HA layer covering titanium with a porous
surface structure by using solution plasma technology. The mechanism of HA precipitation on the
titanium during solution plasma treatment was elucidated.
2. Materials and Methods
2.1. Substrate
Commercially pure titanium and porous titanium with 69.7% porosity were employed in
this study.
Group A: Non-porous-Ti (Ti) (JIS Type-2, J. Morita Corp., Tokyo, Japan); spherical shape; specimen
size was 14 mm in diameter and 2 mm in thickness.
Group B: Porous-Ti (powder sintering product with 69.7% porosity; Nagamine Manufacturing
Company, Kagawa, Japan); specimen size was 14 mm2, 1 mm in thickness, and the pore size was
287 ± 87 μm2.
The Ti disks were polished with silicon carbide abrasive papers (#240, then #600). The polished
groups were named “Polished-Ti”. “Porous-Ti” was used without polishing for the experiments.
Half of the polished-Ti and porous-Ti substrates were subjected to alkaline treatment prior to
the solution plasma treatment (SPT). The disks were immersed in 5 M NaOH solution at 60 ◦C for
24 h [11]. The alkaline treatment formed a micrometric network layer of sodium titanate hydrogel on
the titanium surface, which enhanced the apetite nucleation in mineralizing solution.
After alkaline treatment, the polished titanium (Ti) group was named “Ti-AT” and the porous
titanium substrate (porous-Ti) group was named “Porous-Ti-AT”.
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2.2. Preparation of the Mineralizing Solution
A metastable calcium phosphate solution was used in this study [12]. The composition of the
solution is shown in Table 1. The Ca/P molar ratio of the mineralizing solution was 1.67, and it also
contained 10 mM HEPES (N-2-Hydroxyethylpiperazine-N′-2-Ethanesulfonic acid) KOH (potassium
hydroxide) for buffering at pH 7.4. The final ionic strength of this solution was adjusted to 0.16 by
adding 150 mM KCl (potassium chloride). The preparation of the solution was completed by dissolving
reagent grade CaCl2 (calcium chloride), KH2PO4 (potassium phosphate), KCl (potassium chloride),
and HEPES (N-2-Hydroxyethylpiperazine-N′-2-Ethanesulfonic acid) into deionized distilled water.
The degree of supersaturation with respect to hydroxyapatite was 3.85 × 107 at 37 ◦C.









Degree of supersaturation with respect to HA 3.85 × 107
2.3. Solution Plasma Treatment
A solution plasma treatment was performed in 150 mL of the mineralizing solution at 29 ◦C.
A pulse plasma generator (MPP-NV04, Pekuris, Tokyo, Japan) was used and the polished-Ti and
porous-Ti substrates were placed at a distance of 5 mm from the electrodes within a glass vial (Figure 1).
Plasma was generated at a voltage of 5 V and pulse width of 3 μs for 30 min. The mineralizing solution
was stirred using a magnetic stirrer (Ion Stir 7d, Central Kagaku Co., Ltd., Tokyo, Japan) at a rotational
speed of 240 rpm. The duration of the solution plasma treatment was 30 min.
When the solution plasma surface modification technique was applied to “Ti-AT” and on
“Porous-Ti-AT”, they were named “Ti-AT-SPT” and “Porous-Ti-AT-SPT”, respectively.
Figure 1. Cont.
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Figure 1. Apparatus, electrodes, and specimen employed for the solution plasma treatment. The
specimen was placed at a 5-mm distance from the electrodes in a glass vial containing 150 mL of the
mineralizing solution. Plasma was generated at 5 V and 3 μm pulse width for 30 min. (a) Pulse plasma
generator, Magnetic stirrer, Holder stand; (b) Electrodes (2 electrode having 0.5 mm distance between
them; (c) The specimen holder is made of Duplicone and acrylic rods help to hold the specimen holder.
2.4. Characterization of the HA Layer Formed on Various Substrates
The morphologic and crystallographic features of deposited films were examined by SEM and
XRD. The contact angle of the water droplets (20 μL) on the titanium surfaces was measured by a
contact angle analyzer after each surface treatment.
2.4.1. SEM Observation
The morphology of the titanium surface after SPT and the immersion treatments was examined
using a scanning electron microscope (SSX-550, Shimadzu Corporation, Kyoto, Japan) with an
acceleration voltage of 10 kV, after the samples were coated with gold.
2.4.2. X-ray Diffraction
The crystallographic features of the deposited films were examined using an X-ray diffractometer
(JDX-3500, JEOL Ltd., Tokyo, Japan) with Cu Kα radiation (λ = 0.1541 nm) at room temperature. The
2θ range was 20–80◦, and the XRD profile was recorded at step-scan intervals of 0.02◦ at a scanning
speed of 8.0◦/min at 40 kV and 150 mA.
2.4.3. Measurement of the Contact Angle of Water Droplets on the Surfaces
To evaluate the wettability of the titanium disks before and after surface treatment, the contact
angle of the water droplets (20 μL) on the surfaces was measured using a contact angle analyzer
(Phoenix Alpha, Seoul, Korea) at 0, 3, 7, and 14 days after each surface treatment.
2.5. Evaluation of Cytocompatibility
2.5.1. Cell Line
The MC3T3E1 cell line was used in this study to evaluate the cell attachment of the titanium
samples before and after SPT.
2.5.2. Attachment of Cells on Differently Modified Titanium Surfaces after Four Hours of Incubation
There were 6 groups for each experiment, that is, 30-day aged (“Polished-Ti” and “Ti-AT-SPT”),
7-day aged (“Polished-Ti” and “Ti-AT-SPT”), fresh “Polished-Ti”, and fresh “Ti-AT-SPT”. Four
specimens from each group were placed on a 24-well plate, disinfected with 1 mL of 70% ethanol
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for 10 min and washed with sterilized distilled water for 10 min. The number of MC3T3E1 cells was
adjusted to be 5 × 104 cells/mL in a regular medium consisting of α-modified minimum essential
medium (α-MEM; with L-glutamine and phenol red, Wako Pure Chemical Industries Ltd., Osaka,
Japan) supplemented with 10% heat-inactivated fetal bovine serum. Adjusted cells were seeded on
a sample with 1 mL per well. After 4 h of incubation under a humidified atmosphere of 5% CO2 at
37 ◦C, the cells were detached by trypsin-EDTA (0.25% Trypsin/0.53 mM EDTA in Hanks Balanced Salt
Solution without calcium or magnesium) and the number of cells was counted by a hemocytometer.
2.5.3. Statistical Analysis
Statistical analysis was performed using one-way analysis of variance (ANOVA), and the
Games–Howell post hoc test with the significance level of p < 0.05.
3. Results
3.1. Variation of Solution Temperature in the Vicinity of the Sample with Time during SPT
Figure 2 shows the variation of the solution temperature with time during SPT measured by a
thermocouple placed in the vicinity of the sample. The temperature increased rapidly and exceeded 60
◦C within 3 min after starting SPT, and then increased slowly and reached an almost constant value of
80 ◦C at 30 min. After 30 min of SPT, crystals were precipitated due to heterogeneous nucleation both
on the sample surface and in the solution.
Figure 2. Variation of solution temperature in the vicinity of the sample with time, during solution
plasma treatment (SPT). The temperature increased rapidly and exceeded 60 ◦C within 3 min after
starting SPT, and then increased slowly and reached an almost constant value of 80 ◦C at 30 min.
3.2. Characterization of Titanium Surfaces Subjected to SPT and IT in the Calcium Phosphate Solution
3.2.1. SEM Observation
Figure 3 shows the SEM photographs of the polished titanium surface after SPT (Ti-SPT) (Figure 3a)
and after 5 M NaOH treatment and subsequent SPT (Ti-AT-SPT) (Figure 3b). Crystals formed on both
the Ti-SPT and the Ti-AT-SPT. Crystals with diameters between 5 and 20 μm precipitated sparsely and
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did not cover the whole surface of the Ti-SPT, while fine spherical crystals with a diameter of 5 μm
precipitated and covered the whole surface of the Ti-AT-SPT.
(a) (b)
Figure 3. SEM images of HA crystals precipitated on Ti-SPT (a) and Ti-AT-SPT (b). The HA spherical
particles formed on both the Ti-SPT and the Ti-AT-SPT. The spherical particles precipitated sparsely
and did not cover the whole surface of the Ti-SPT, while the fine spherical crystals precipitated and
covered the whole surface of the Ti-AT-SPT.
Figure 4 shows the SEM photographs of the porous titanium surface after 5 M NaOH treatment
and subsequent SPT (Porous-Ti-AT-SPT). Fine spherical HA particles were uniformly precipitated
over the entire surface (Figure 4a) including the areas recessed in the shape of the porous structure
(Figure 4b) as well as the inner surface of the pores (Figure 4c).
Figure 4. Scanning electron microscopy (SEM) images of Porous-Ti-AT-SPT. Fine spherical
hydroxyapatite (HA) particles were uniformly precipitated over the entire surface (a), the areas recessed
in the shape of the porous structure (b), and inner surface of the pores (c).
3.2.2. Analysis of Precipitated Particles on Ti-AT-SPT and Ti-AT-IT60◦ by XRD and EDX
Figure 5 shows the X-ray diffractogram obtained from Polished-Ti (Figure 5a), Ti-AT-SPT
(Figure 5b), and synthetic HA powder (Figure 5c). The synthetic HA powder was obtained from the
dried-out mineralizing solution which was subjected to SPT.
24
Coatings 2019, 9, 3
All of the diffraction peaks were assigned to HA or the titanium substrate under the deposited
film. For Ti-AT-SPT (Figure 5b), the diffraction peak of the deposited HA crystals at 25.9◦ (2θ) that
corresponded to the (002) lattice plane was relatively higher than the other diffraction peaks at around
32◦, unlike that observed for the synthetic HA powder. This indicated that the spherical HA crystals
that precipitated on Ti-AT-SPT were slightly oriented with the c-axis perpendicular to the titanium
substrate. These results clearly demonstrated that 5 M NaOH treatment and subsequent SPT for 30 min
in the calcium phosphate solution were effective in coating the entire surface of titanium with an HA
film composed of fine crystals in a relatively short treatment time.
Figure 5. X-ray diffractogram obtained from (a) Polished-Ti, (b) Ti-AT-SPT, and (c) synthetic HA
powder. All the diffraction peaks obtained from Ti-SPT were assigned to HA or the titanium substrate
under the deposited film.
3.3. Crystals on the Titanium Surfaces after Immersion in the Calcium Phosphate Solution
Figure 6 shows the SEM photographs of the polished titanium after immersion in the calcium
phosphate solution at 37 ◦C (Ti-IT37◦) and after 5 M NaOH treatment and subsequent immersion in
the calcium phosphate solution at 37 ◦C (Ti-AT-IT37◦). No crystals were deposited on the Ti-IT37◦
for up to 7 days of immersion. In contrast, spherical particles consisting of plate-like HA crystals
were deposited on part of the Ti-AT-IT37◦ after 1 day of immersion. These crystals grew with time
and covered almost all of the surface of the titanium after immersion for 7 days. These results were
consistent with those reported previously [5].
Figure 7 shows the SEM photographs of the polished titanium after immersion in the calcium
phosphate solution at 60 ◦C (Ti-IT60◦) and after 5 M NaOH treatment and subsequent immersion in the
calcium phosphate solution at 60 ◦C (Ti-AT-IT60◦). No spherical particle precipitation was observed
on the Ti-IT60◦ after immersion in the solution for 30 min. Precipitated crystals between 5 and 40 μm
in diameter were found on the Ti-IT 60◦ after immersion for 6 h, and these HA spherical particles grew
into large size spherical particles between 40 and 100 μm in diameter after immersion for 24 h. On
the Ti-AT-IT60◦, small crystals precipitated after immersion for 30 min. The density of the crystals
increased due to the growth of crystals with time. From the results shown in Figures 6 and 7, it was
observed that the crystal formation and its growth rate were markedly enhanced with 5 M NaOH
treatment as well as an increase in the temperature of the calcium phosphate solution.
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Figure 6. SEM images of the Polished-Ti and Ti-AT after immersion in the meta stable calcium
phosphate solution at 37 ◦C (Ti-IT37◦ and Ti-AT-IT37◦). No HA spherical particles were deposited on
the Ti-IT37◦ for up to 7 days of immersion. In contrast, spherical particles consisting of plate-like HA
were deposited on the part of the Ti-AT-IT37◦ after immersion for 1 day.
Figure 7. Cont.
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Figure 7. SEM images of the Polished-Ti and Ti-AT after immersion in the calcium phosphate solution
at 60 ◦C (Ti-IT60◦ and Ti-AT-IT60◦). There was no HA precipitation observed on the Ti-IT60◦ after
immersion in the solution for 30 min. HA spherical particles were found on the Ti-IT60◦ after immersion
for 6 h and they grew into large spherical particles after immersion for 24 h. On the Ti-AT-IT60◦, small
HA spherical particles precipitated after immersion for 30min. The spherical particles grew larger with
time and covered the entire surface of a titanium after immersion for 24 h.
3.4. Change in the Contact Angle of Water Droplets on Polished-Ti and Ti-AT-SPT with Aging Time
Figure 8 shows the changes in the contact angle of 20 μL water droplets on Ti, Ti-AT, and Ti-AT-SPT
with aging time. The contact angle value for Ti increased as the Ti disk aged, suggesting that the
surface property changed from being hydrophilic to hydrophobic. This phenomenon is well known
as the time-dependent degradation in biological capability or biological degradation, which arises
from the absorption of hydrocarbon contaminants in air. In contrast, the contact angles for Ti-AT and
Ti-AT-SPT were much lower than that for Ti throughout the aging period. The initial super hydrophilic
surface remained almost unchanged up to 30 days of aging in air, although the tough hydrophilicity
significantly decreased.
Figure 8. The changes in contact angle of water droplets on Polished-Ti, Ti-AT, and Ti-AT-SPT with
aging time are shown. The contact angle for Ti-AT and Ti-AT-SPT was much lower than that for Ti
throughout the aging period.
3.5. Bioactivity Analysis
Figure 9 shows the number of cells attached to the Polished-Ti and Ti-AT-SPT, which were
subjected to aging in air for 0, 7, and 30 days, as measured with the hemocytometer. The number of
MC3T3E1 cells attached to Ti-AT-SPT was approximately 50% more than the amount attached to Ti at
each aging period, which suggested that the HA coating by solution plasma treatment significantly
improved the initial cell attachment (p < 0.05). The number of cells that attached to the Polished-Ti with
27
Coatings 2019, 9, 3
30 days of aging in air was approximately 50% of that for the Polished-Ti without aging. In contrast,
the number of attached cells on the Ti-AT-SPT after aging for 30 days remained above 85% of that for
the SPT-Ti without aging.
Figure 10 shows the SEM photographs of the cells attached to Porous-Ti-AT-SPT after incubation
for 4 h. The attached cells indicated by the arrows were located not only on the outer surface
(Figure 10a) but also on the surface of the concavity (Figure 10b), which indicated that the induction of
bone tissue on the entire porous surface was going to occur successfully and that bone tissue growth
could be expected.
Figure 9. The number of attached cells on surfaces after 4 h incubation. The number of MC3T3E1 cells
attached to the Polished-Ti and Ti-AT-SPT with 0, 7, and 30 days aging in air is shown in the SEM and
graph. Different letters in the graph mean statistical difference at p < 0.05.
Figure 10. (a) Cell attached to porous Ti-AT-SPT after 4h incubation. (b) Cell attached at the outer
surface of concavity in the porous structure. (c) Cell attached at the inner surface of concavity in the
porous structure. SEM images of the cells attached to Porous Ti-AT-SPT after 4 h incubation. The
attached cells indicated by arrows were located not only on the outer surface (upper yellow square
represents c) but also on the surface of concavity (lower square represents b).
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4. Discussion
4.1. Process of Rapid Formation of Thin and Uniform HA Film Consisting of Fine Spherical Particles on
Ti-AT-SPT
With SPT in the calcium phosphate solution, HA spherical particles were precipitated on the
Polished-Ti surface, but the size of the spherical particles was 5–20 μm in diameter. The density of
the HA crystals was too low to form an HA film (Figure 3a). However, it was demonstrated that a
thin and uniform HA film consisting of fine spherical HA particles with a diameter of 5 μm formed on
Ti-AT-SPT (Figure 3b). This rapid formation of the uniform HA film was attributed to the synergistic
effect obtained by combining an alkaline treatment with SPT in a calcium phosphate solution.
The driving force for the formation of the HA film from a supersaturated solution was the change
in Gibbs free energy, ΔG, for transfer from a supersaturated solution to an equilibrium solution with
HA crystals:
ΔG = −RT ln S (1)
where R is the gas constant; T is the absolute temperature; and S is the degree of supersaturation,
which is expressed as:
S = IP/Ksp (2)
where IP is the ionic activity and Ksp is the thermodynamic solubility product. Since the solubility
product of HA, Ksp, decreases with increasing temperature, it is apparent that an increase in the degree
of supersaturation, S, together with a decrease in the Ksp value as a result of SPT was responsible for
the precipitation of HA crystals on Polished-Ti. SPT for 30 min without alkaline treatment, however,
was insufficient for the formation of a dense and uniform HA film. This probably arose from the
fact that the SPT was not sufficient to lower the activation energy to enhance the formation of HA
crystals (Figure 11a) and a few critical and supercritical HA nuclei were induced by SPT, as shown in
Figure 12a.
Figure 11. Energy profile in the hydroxyapatite formation. Activation energy of hydroxyapatite
formation was lowered by (a) SPT and (b) alkaline treatment, and was notably lowered by (c) SPT and
alkaline treatment and SPT.
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Figure 12. Schematic illustration of HA nucleation and HA crystal growth on the titanium surfaces.
The appearance of particles formed on the Ti surface was quite different among (a) Ti-SPT, (b) Ti-AT-IT,
and (c) Ti-AT-SPT.
With 5 M NaOH treatment, a sodium titanate hydrogel layer formed on the polished titanium [5].
It was also found that the hydrogel layer quickly released sodium ions with the uptake of calcium ions
when alkaline-treated Ti was soaked in calcium phosphate solution. This ion exchange reaction was
proposed to take place very quickly to maintain the electrical neutrality of the hydrogel and increased
the calcium ion concentration at the hydrogel surface. Increase in IP, as a result of a higher calcium
ion concentration, also increased the degree of supersaturation with respect to HA, which enhanced
the apatite nucleation in a mineralizing solution [13]. In this case, the activation energy required for
HA nucleation was also insufficiently lowered by the increased concentration of Ca ions (Figure 11b)
to induce a few nuclei (Figure 12b). The HA crystals grew larger with an increase in soaking time in
a calcium phosphate solution, and a thick HA film consisting of coarse HA spherical particles was
formed after soaking for 1 day at 60 ◦C (Figure 11b).
With the combination of alkaline treatment and SPT, the degree of supersaturation, S, was
markedly increased with both an increase in IP and a decrease in Ksp. The activation energy required
for HA nucleation was probably lowered sufficiently (Figure 11c) to induce a large number of HA
nuclei as shown in Figure 12c. As a result, a thin and uniform HA film consisting of fine spherical
particles could be obtained (Figure 12c). As it is a uniform precipitation with fine and round HA
particles, the height of the precipitation is equal to the height of HA crystal, which is 1 μm.
4.2. Chemical and Biological Properties of HA Film Formed by SPT
Previous studies have revealed that titanium undergoes a time-dependent degradation in
biological capability due to the unavoidable contamination of the titanium surfaces by hydrocarbons
in air [14]. Contact angle measurements of the water droplets demonstrated that the titanium surface
changed from being hydrophilic to hydrophobic with an increase in aging time (Figure 8). This study
demonstrated that the contact angle value for a HA-coated titanium disk (Ti-AT-SPT) was significantly
lower than that for polished titanium throughout the aging periods. In addition to this, the initial super
hydrophilicity of the HA-coated titanium surface by SPT was found to be maintained after 30-day
aging in air (Figure 8). Unlike titanium, the HA-coated titanium did not show age-related impaired
bioactivity, which is defined as biological aging [15]. The reason for the highly hydrophilic nature of
HA-coated titanium can be attributed to the characteristic of HA crystals as HA is an ionic crystal with
an abundance of ionic sites that attract water molecules.
The number of MC3T3E1 cells attached to Ti-AT-SPT was approximately 50% larger than that
of Polished-Ti at each aging period, suggesting that the HA coating by solution plasma treatment
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significantly improved the initial cell attachment. This may be one of the reasons why HA-coated
titanium implants possess better cytocompatibility and facilitate rapid bone formation due to their
excellent osteoconductive property.
These results suggest that an osteoconductive porous-surfaced titanium implant can be developed
with a HA coating by solution plasma treatment in a calcium phosphate solution in a short time.
4.3. HA Film Coating on Titanium by SPT to Develop an Osteoconductive Porous-Surfaced Dental
Implant Body
A HA film coating was achieved when Ti-AT was soaked in calcium phosphate solution at 37 ◦C
for seven days and at 60 ◦C for one day (Figures 6 and 7).
In a 37 ◦C immersion treatment, a HA film coating was achieved when polished-Ti and Ti-AT
were soaked in calcium phosphate solution for seven days. The approximate size of the precipitated
HA spherical particles on Ti-AT was 40–50 μm. In a 60 ◦C immersion treatment, an HA film coating
was achieved when the Polished-Ti and Ti-AT were soaked in the calcium phosphate solution for 24 h.
The approximate size of the precipitated HA spherical particles on Polished-Ti was more than 40 μm,
and was 20 μm on Ti-AT.
These results suggest that the size of the HA spherical particles precipitated during the immersion
treatments in the calcium phosphate solution was too large to coat the titanium implant with a porous
surface structure. Furthermore, in the 37 ◦C immersion, there was less precipitation compared to the
60 ◦C immersion. For a dense precipitation of HA, the temperature must be 60 ◦C or more. Temperature
of the mineralizing solution must be 37 ◦C during the initializing of the solution plasma treatment.
With 5 M NaOH treatment and subsequent SPT in the calcium phosphate solution, dense
nucleation with critical size nuclei was successfully precipitated on the sample (Figure 12c) and
a thin and dense HA layer consisting of fine spherical crystals was formed on the titanium disk surface
after SPT for 30 min (Figure 3b).
The solution plasma surface modification for coating HA onto titanium proceeds in a wet process
unlike other HA surface methods using a dry process. Therefore, the coating of a HA film consisting
of fine crystals on the entire surface of titanium implant bodies with porous surface structures can
be achieved. MC3T3E1 cells were observed not only on the outer surface, but also on the surface of
the concavity (Figure 10), indicating that the induction of bone tissue on the entire porous surface
would occur successfully and that bone tissue ingrowth could be expected. To enhance the growth of
mineralized tissue into the pore spaces and to keep the vascular system interconnected by the pores for
continued bone development, the porous structure of a titanium implant provides a unique biological
bone anchorage to the titanium implants. Enhancement of bone/implant mechanical bonding can
allow dentists to use dental implant bodies with a short length, which can greatly contribute to an
increase in the ability of dental implants to be used for a wide variety of treatment options, especially
for patients with low bone quality and with advanced maxillary/mandibular residual ridge resorption.
4.4. Features of the SPT for HA Film Coating
A HA film coating on titanium was achieved by combining a simple chemical treatment (5 M
NaOH treatment) with SPT in a calcium phosphate solution. One of the striking features of this
proposed method was that the rate of HA film formation during SPT was faster than that in most wet
processes. For example, Kim et al. reported that a bone-like apatite layer formed on the 5 M NaOH
treated titanium substrate when the substrate had been soaked in simulated body fluid (SBF) for more
than one day [5]. In contrast, a uniform HA film was observed to form on the 5 M NaOH treated
titanium by SPT for only 30 min (Figure 3b). As stated before, the thermal energy produced during
SPT increased the degree of solution supersaturation with respect to HA, and thus greatly increased
the growth rate of the HA crystals.
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The substrate heating method in liquid with the application of a large current can be applied
to electrically conducting materials such as metals and alloys. For SPT, the solution in contact with
titanium is heated with the thermal energy generated by plasma, suggesting that this HA coating
method can be applied to materials without electrical conductivity such as ceramics.
5. Conclusions
The present study demonstrated that it is possible to acquire a homogenous precipitation of
hydroxyapatite over the entire surface of a smooth and porous titanium disk by the implementation of a
solution plasma surface modification treatment in a mineralizing solution. The solution plasma-treated
samples showed significantly better cyto-compatibility than the other specimens.
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Abstract: This study investigated the surface modification of orthodontic stainless steel using
electrophoretic deposition (EPD) of bioactive glass (BG). The BG coatings were characterized by
spectrophotometry, scanning electron microscopy with energy dispersive X-ray spectrometry, and
X-ray diffraction. The frictional properties were investigated using a progressive load scratch test.
The remineralization ability of the etched dental enamel was studied according to the time-dependent
mechanical properties of the enamel using a nano-indentation test. The EPD process using alternating
current produced higher values in both reflectance and lightness. Additionally, the BG coating
was thinner than that prepared using direct current, and was completely amorphous. All of the
BG coatings displayed good interfacial adhesion, and Si and O were the major components. Most
BG-coated specimens produced slightly higher frictional forces compared with non-coated specimens.
The hardness and elastic modulus of etched enamel specimens immersed with most BG-coated
specimens recovered significantly with increasing immersion time compared with the non-coated
specimen, and significant acid-neutralization was observed for the BG-coated specimens. The surface
modification technique using EPD and BG coating on orthodontic stainless steel may assist the
development of new non-cytotoxic orthodontic metallic appliances having satisfactory appearance
and remineralization ability.
Keywords: electrophoretic deposition; enamel remineralization; bioactive glass; spectrophotometry;
nanoindentation
1. Introduction
Many orthodontic materials are formed from metals, which typically have superior mechanical
properties compared with other materials. However, there are aesthetic issues with metal orthodontic
materials [1]. More aesthetically attractive orthodontic materials are desirable, especially for adult
patients. Aesthetic brackets made from ceramics and plastics have been widely used in clinical
orthodontics [2,3]. Unfortunately, ceramic brackets have shortcomings stemming from their brittle
nature, e.g., occasional fracture when tying the ligature and fracture from archwire forces, along
with tooth wear during treatment and enamel fracture at debonding [1,4]. Plastic brackets also have
deficiencies, such as a tendency to discolor, wear and creep due to their poor mechanical properties [1,5].
To overcome these issues, glass fiber-reinforced polymer wires have been investigated [6–9] but have
yet to be used widely because of their brittleness and inability to withstand sufficient force [6–8].
Recently, coated archwires, including metal wires coated with polymers and rhodium-plated wires,
have been developed [10–15]. These are preferred by many patients and orthodontists because of their
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improved aesthetic qualities. However, polymer-coated wire loses a significant amount of its coating
layer when used in the areas of archwire engagement [11,12], which affects frictional properties and
bacterial adhesion [13,15].
Acid-etching of enamel surfaces for bracket bonding procedures has been accepted in modern
clinical orthodontics since the direct bonding of orthodontic brackets to enamel was introduced in the
mid-1960s [16,17]. The enamel surface around bonded brackets etched with phosphoric acid is more
susceptible to demineralization because the areas stagnate with plaque, making tooth-cleaning more
difficult and limiting the efficacy of natural self-cleaning mechanisms. Additionally, the mechanical
properties of the enamel surface region decreased after bracket bonding with the etch-and-rinse
adhesive system [18], and irreversible alteration of the enamel might increase the risk of enamel
micro-cracks forming during debonding procedures. Therefore, further demineralization of the enamel
after bracket bonding should be prevented and, ideally, remineralization should be enhanced.
One reasonable way to enhance the remineralization of tooth surfaces is to increase the calcium
or fluoride concentrations of oral fluids [19,20]. Various bioactive glass (BG) have been investigated
since the first ones were reported by Hench et al. (1971) [21]. These studies have included their
osteo-inductive behavior, ability to bond to both soft and hard tissues, the capacity of the glass to
release ions (Ca, Na, Si), and the ability to form a hydroxyapatite layer [22–25]. More recently, attention
has focused on their modification to further enhance osteogenic behavior, or on further compositional
changes to introduce additional multifunctional properties such as antimicrobial activity [26]. If the
surface of the metallic orthodontic materials can be modified with a BG, it may help to prevent the
demineralization of tooth surfaces surrounding brackets and enhance remineralization after bracket
debonding; these features are attractive in the clinical orthodontic setting.
Electrophoretic deposition (EPD) is a simple, rapid, and versatile coating technique, whereby
colloidal particles suspended in a liquid medium migrate under the influence of an appropriate
electric field and are deposited onto an electrode, leading to film formation and coatings with high
microstructural homogeneity and tailored thickness [27,28]. Among the different techniques used
for surface modification in the biomedical field, EPD is particularly attractive because it is does not
require expensive equipment and can be used with colloidal BG particles to form complex-shaped
orthodontic materials.
In this article, BG particles were deposited onto orthodontic stainless steel disks by an EPD
process under various conditions, and the BG coating was characterized esthetically, morphologically,
and compositionally using various methods. Additionally, the effects of the BG coating on the
remineralization ability of etched dental enamel and frictional properties were investigated.
2. Materials and Methods
2.1. Materials
Mechanically polished stainless steel (SUS316) disk specimens (diameter: 14 mm; thickness: 2 mm;
Nogata Denki Kogyo, Tokyo, Japan) were purchased and cleaned ultrasonically and subjected to the
BG coating process. Non-coated specimens served as a control.
The BG (45.0% SiO2 + 24.5% Na2O + 24.5% CaO + 6.0% P2O5) was prepared by melting the raw
materials in a platinum crucible at 1550 ◦C for 90 min using an electrically heated furnace (model
SSFT-1520; Yamada Denki, Tokyo, Japan). The molten glass was rapidly quenched by malleating
(rolling) between two stainless steel plates of 10-mm thickness. After cooling overnight, the glass
was ground for 2 min in a vibrational rod mill (model TI-200; CMT Co., Fukushima, Japan) to yield a
particle diameter of ca. 100 μm. The powders were further milled using a high-pressure gas-milling
apparatus (Nano Jetmizer; Aishin Nano Technologies, Saitama, Japan) under a grinding pressure of
1.4 MPa to provide particles with a median diameter (D50) of 1.98 μm. Analysis of the BG by X-ray
diffraction (XRD) confirmed its amorphous structure.
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2.2. EPD Process
Suspensions containing 20 g/L of BG were prepared in 100 mL of distilled water by dispersing
the particles via magnetic stirring and sonication (model UD-100; Tomy Seiko, Tokyo, Japan) for 600 s
(The BG in distilled water was 0.2 g/mL). The stainless-steel specimens were encapsulated in a silicone
impression material except for an exposed deposition area 14 mm in diameter. The EPD cell included
two parallel stainless steel disk specimens as the deposition and counter electrodes; the distance
between the electrodes was maintained at 3 mm. The coating was deposited using direct current (DC)
or 1-kHz sine-wave alternating current (AC). Constant voltages (10 and 15 V) were applied and the
deposition time was 10 min for all conditions. All measured pH values of the mixed suspension were
pH 12.0 ± 0.1. After deposition, a coated specimen was gently removed from the suspension and dried
at room temperature for 24 h before further characterization (Figure 1).
Figure 1. Photomicrographs of the non- and bioactive glass (BG)-coated specimens.
2.3. Color Measurements
The color of each specimen was measured using a spectrophotometer (model UV-2600; Shimadzu,
Kyoto, Japan) with an integrated sphere (model ISR-2600 Plus; Shimadzu). Diffuse reflectance
measurements were performed in the range of 350–800 nm in 1-nm steps. Color was measured
according to the Commission International de L’Eclairage (CIE) L*a*b* color system [29] (n = 5),
which has a lightness scale, L*, and two opponent color axes, a* and b*. The redness and greenness are
represented by the a* values and the yellowness and blueness are represented by the b* values.
2.4. Characterization of the Coatings
The surfaces of coated specimens were analyzed using XRD (model Rint-2500; Rigaku Corp.,
Tokyo, Japan) via a parallel-beam method using Cu–Kα radiation (40 kV; tube current: 100 mA).
Representative specimens were analyzed over the 2θ range from 10 to 60◦ using a step size of 0.02◦ and
a scan speed of 0.25◦/min. The XRD patterns were obtained at 25 ◦C and analyzed qualitatively using
PDXL2 software (Rigaku) based on the International Center for Diffraction Data (ICDD) database for
phase identification and quantification.
To observe the coated layers and analyze their compositions on the cross-sectioned surface,
specimens were encapsulated in an epoxy resin (Epofix; Struers, Copenhagen, Denmark) and
cross-sectioned with a slow-speed, water-cooled diamond saw (Isomet; Buehler, Lake Bluff, IL, USA),
then ground and polished using a series of silicon carbide abrasive papers and a final slurry of 0.05-μm
alumina particles. All specimens were sputter-coated with pure gold for scanning electron microscopy
(SEM) evaluation (model SSX-550; Shimadzu); the SEM was operated at 15 kV. The composition of a
coated specimen was determined by energy-dispersive X-ray spectroscopy (EDS) at a working distance
of 15 mm and a data acquisition time of 300 s.
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2.5. Mechanical Properties of the Coatings
The external surfaces of the specimens were investigated with a nano-indentation apparatus
(model ENT-1100a; Elionix, Tokyo, Japan). The specimens were fixed to the specimen stage with
adhesive resin (Superbond Orthomite; Sun Medical, Shiga, Japan). Nano-indentation testing was
carried out at 28 ◦C using a Berkovich indenter with a 10-mN peak load for ca. 1000 nm depth
analysis (n = 10). Linear extrapolation methods (ISO Standard 14577) were used for the unloading
curve between 95% and 70% of the maximum test force to calculate the elastic modulus [30–33].
The hardness and elastic modulus of the buccal enamel surfaces were calculated using the software
bundled with the nano-indentation apparatus.
2.6. Frictional Properties Measured by the Progressive Load Scratch Test
A microtribometer (model CETR-UMT-2; Bruker, Billerica, MA, USA) was used to characterize
the frictional properties by the progressive load scratch test. A diamond stylus having a 12.5-μm tip
radius was moved 5 mm over a specimen surface with linearly increasing normal load (0.5 to 20 gf) at
a constant speed of 0.016 mm/s, and the value of the friction coefficient was obtained (n = 5).
2.7. Acid-Neutralizing Ability
To estimate the acid-neutralizing ability, disk specimens were immersed in individual plastic vials
containing 10 mL of acetic acid solution (pH = 4.5) at 37 ◦C. The time-dependent changes in the pH
of the solutions were measured (model SI600; Sentron, Roden, The Netherlands) with a micro-pH
electrode (model 9070-008; Sentron) over 24 h (n = 5).
2.8. Enamel Remineralization Ability and Changes in the Mechanical Properties
A total of 38 human non-carious premolars, obtained by extraction from patients undergoing
orthodontic treatment, were cut with a slow-speed, water-cooled diamond saw (Isomet; Buehler,
Lake Bluff, IL, USA) so that they were divided into mesial and distal halves; the sectioned specimens
were then encapsulated in epoxy resin (Epofix; Struers, Copenhagen, Denmark). This in vitro study
was approved by the ethics committee of the Health Sciences University of Hokkaido. After 24 h,
the specimens were lightly ground with 600-grit sandpaper, and polished progressively using
diamond suspensions with particle sizes of 3, 1, and 0.25 μm to obtain a surface suitable for
nano-indentation. This polishing procedure removed approximately 200 μm of the tooth surface;
a total of 75 polished-surface enamel specimens with an approximate area of 4 × 4 mm2 were finally
obtained. The specimens were divided into five groups of 15 specimens. Embedded human enamel
specimens were etched with 35% phosphoric acid gel (Transbond XT Etching Gel; 3M Unitek, Monrovia,
CA, USA) for 15 s, washed for 20 s, and dried in an air stream. Each etched enamel and disk specimen
was fixed on a specimen stage and then immersed in a plastic vial containing 10 mL of artificial saliva at
37 ◦C for 3 months, with the solution changed weekly. Nano-indentation testing of the enamel surfaces
was carried out at 28 ◦C (model ENT-1100a; Elionix) using two different loads (10 and 100 mN),
before and after etching and during immersion periods. The hardness and elastic modulus of the
buccal enamel surfaces were calculated.
2.9. Cytocompatibility
Mouse L929 fibroblast cells were seeded at a density of 5000 cells/cm2 in 96-well plates
and incubated in MEMα (Wako Pure Chemical, Osaka, Japan) containing 5% fetal bovine serum
(ICN Biomedicals, Irvine, CA, USA) for 36 h at 37 ◦C with 5% CO2. Each disk specimen was immersed
into 10 mL of culture solution for 24 h and then 100 μL of the solution was added to each 96-well plate,
followed by 24 h incubation. Finally, the absorbance of each well at 450 nm was recorded using a
microplate reader (model Infinite F200; Männedorf, Switzerland) (n = 10).
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2.10. Statistical Analyses
Statistical analyses were performed using the PASW Statistics software (ver. 18.0 J for Windows;
IBM, Armonk, NY, USA). The mean values with standard deviations obtained for the various
experiments in this study were compared using one-way analysis of variance (ANOVA) followed by
Tukey’s test. For all statistical tests, significance was predetermined at p < 0.05.
3. Results
3.1. Color Measurements
Figure 2 shows the changes in representative diffuse reflectance curves for the specimens.
The lightness (L*) and two opponent color (a*, b*) values are summarized in Table 1. The reflectance
values (%) increased with increasing wavelength for all specimens. Non-coated specimens showed
significantly higher reflectance values in the 350–800 nm range and L*, due to the polished bright
surface acting as a mirror. Among the BG-coated specimens, the one prepared using AC 15 V showed
the highest values for both reflectance in the 350–800 nm range and L*, followed by specimens coated
at DC 15 V, AC 10 V, and DC 10 V. The specimens coated at higher voltage (15 V) showed significantly
higher reflectance and L* values than those coated at lower voltage (10 V). Similar a* and b* values
were obtained for most BG-coated specimens.
Figure 2. Diffuse reflectance curves of the various specimens.











(AC 15 V) p Value
mean S.D. mean S.D. mean S.D. mean S.D. mean S.D.
L* 78.02 a 0.14 54.88 a 0.34 63.79 c 0.14 61.83 d 0.36 70.42 e 0.71 0.000
a* −0.12 a 0.03 −0.50 b 0.05 −0.48 b 0.10 −0.48 b 0.02 −0.41 b 0.11 0.000
b* 2.31 a 0.10 7.89 b 0.30 6.12 c 0.65 8.12 b 0.10 6.70 c 0.26 0.000
Notes: Values are mean and standard deviation (S.D.), n = 7. One-way ANOVA followed by Tukey–Kramer multiple
range test. a–e Idential letters indicate that mean values were not significantly different (p < 0.05).
3.2. Crystal Structures, Morphological Features, and Compositions of the Coating Layers
Figure 3 displays representative XRD spectra of non- and BG-coated specimens. Weak broad
feature at around 32◦ was obtained for the BG-coated specimen (AC 15V) because of the amorphous
structure. On the other hand, two peaks at 2θ = 43.5 and 51.0◦ associated with the austenite (γ-Fe)
phase (ICDD PDF 01-071-4649) were observed for the BG-coated specimen (DC 15V), while the broad
feature at around 32◦ was observed.
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Figure 3. Representative X-ray diffraction (XRD) spectra of the non- and BG-coated specimens.
Figure 4 shows SEM photomicrographs and qualitative compositional maps obtained by EDS
of BG-coated cross-sectional specimens. The thickness of the BG coating layers formed on the disk
surfaces was ca. 1.0–4.0 μm and the specimens coated at higher voltage (15 V) tended to have thicker
BG coating layers than those coated at lower voltage (10 V). Additionally, the thickness of the BG
coating layers were similar in both specimens coated with AC and DC. Good interfacial adhesion was
observed between all BG coating layers and the bulk materials. Si and O, the major components of BG,
were enriched in all of the coating layers.
Figure 4. Scanning electron microscopy (SEM) photomicrographs and qualitative compositional maps
obtained by energy-dispersive X-ray spectroscopy (EDS) of cross-sections of the BG-coated specimens.
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3.3. Evaluation of the Mechanical Properties of the Coating Layers by Nanoindentation
Table 2 summarizes the mechanical properties of surface regions for non- and BG-coated
specimens. The hardness and elastic modulus of the BG layers were significantly lower than those of
the non-coated specimen. The specimens coated at higher voltage (15 V) showed significantly higher
the hardness and elastic modulus of the BG layers than those coated at lower voltage (10 V). The elastic
modulus of the BG layers formed by AC were significantly higher than those for the BG layers formed
by DC.










(AC 15 V) p Value
mean S.D. mean S.D. mean S.D. mean S.D. mean S.D.
Hardness (GPa) 6.11 a 0.22 0.49 a 0.10 1.99 c 0.52 0.85 b 0.48 1.98 c 0.73 0.000
Elastic modulus (GPa) 192.46 a 4.96 70.47 b 23.22 109.12 c 23.39 84.32 bc 15.28 128.5 d 27.65 0.000
Notes: Values are mean and standard deviation (S.D.), n = 7; One-way ANO VA followed by Tukey–Kramer multiple
range test. Identical letters indicate that mean values were not significantly different (p < 0.05).
3.4. Frictional Properties Measured by the Progressive Load Scratch Test
Figure 5 shows the change in representative frictional force obtained by the progressive load
scratch test. The BG-coated specimens (DC 15 V) showed significantly higher frictional force
than the other specimens when measured over 5 mm. Over approximately the first 4 mm of the
measurement distance, the other BG-coated specimens displayed slightly higher frictional force than
the non-coated specimen.
Figure 5. Frictional forces obtained by the progressive load scratch test.
3.5. Analysis of Acid-Neutralizing Ability
Figure 6 shows the time-dependent changes in the pH of the solutions as an indication of the
acid-neutralizing ability. Immersion of BG-coated specimens in acetic acid solution caused an increase
in the pH, and the acid-neutralizing ability increased with increasing output voltage.
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Figure 6. Time-dependent changes in the pH of the solutions as an indication of acid neutralizing ability.
3.6. Enamel Remineralization Ability in Artificial Saliva and Mechanical Property Changes Determined
by Nanoindentation
Figures 7 and 8 show the mean hardness and elastic modulus values of the enamel surface before
and after etching and during the 3 months of immersion. There was no significant difference in the
hardness or elastic modulus between the groups before and immediately after etching. Phosphoric acid
etching markedly decreased the hardness and elastic modulus of the enamel surfaces. The hardness
and elastic modulus of the enamels of BG-coated specimens increased gradually with increasing
immersion time. The recovery of the mechanical properties of a specimen immersed with a non-coated
specimen was unremarkable. However, the hardness and elastic modulus of etched enamel specimens
immersed with most BG-coated specimens recovered significantly compared with a non-coated
specimen. Similar behavior was observed for both load conditions (10 and 100 mN).
Figure 7. Mean hardness values of the enamel surface before and after etching, and during the 3-month
immersion period. BE, before etching; AE, after etching; 1D, 1-day immersion; 1W, 1-week immersion;
1M, 1-month immersion; 3M, 3-month immersion.
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Figure 8. Mean elastic modulus values of the enamel surface before and after etching, and during the
3-month immersion period. BE, before etching; AE, after etching; 1D, 1-day immersion; 1W, 1-week
immersion; 1M, 1-month immersion; 3M, 3-month immersion.
3.7. Cytocompatibility Assays
Figure 9 shows the absorbance at 450 nm as a function of the L929 fibroblast cell number at 36 h.
No significant difference was noted in the mean fibroblast cell growth for 36 h, which indicated that
the BG coatings were not cytotoxic.
Figure 9. Absorbance at 450 nrn as a function of the L929 fibroblast cell number at 36 h.
4. Discussion
In the present study, thin BG coating layers with a milky-white appearance were formed on
mechanically polished stainless steel specimens using an EPD process with a BG suspension and this
is the first study that has investigate the esthetic performance of the BG coating. Quantitative color
measurements showed that the EPD process using AC at 15 V produced higher values for both the
reflectance (%) in the range of 350–800 nm and L* (mean value: 70.42). The range of L* values measured
for the BG coating layers in the present study (54.88 to 70.42) was greater than that (36.2 to 50.3)
reported for ceramic and plastic brackets [34], although the color values (a*, −0.50 to −0.41; b*, 6.12 to
8.12) for the BG coating layers were similar with published values (a*, −1.3 to 3.8; b*, −2.9 to 11.2) [34].
The color for orthodontic appliances, such as brackets and archwires, should ideally match that of
natural teeth, although natural tooth color varies according to race, gender, and age [35]. A previous
study measured the CIE L*a*b* color values for the Vita Lumin Vacuum shade guide (A3.5, B1, B3,
C4), which is the color selection scale most widely used in dentistry; the values ranged from 43.2 to
61.4 for L*, from −1.6 to 6.8 for a*, and from 13.2 to 28.8 for b*. The L* and a* values from the present
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study are fairly similar, although our mean b* value was smaller than that of the Vita Lumin Vacuum
shade guide. Thus, the BG coatings formed by the EPD process in the present study likely produced a
clinically acceptable color appearance, but further research is warranted to fine-tune the color.
SEM observations showed that the thickness of the BG coating layers were similar in both
specimens coated with AC and DC. However, surface-sensitive parallel-beam XRD analysis revealed
that the peaks at 2θ = 43.5◦ and 51.0◦ associated with the austenite (γ-Fe) phase of the bulk substrate
were observed for the BG-coated specimens when DC (DC 15 V) was used. This suggested that the BG
coating layer that formed on the specimen using DC had a too-low density. On the other hand, the
XRD pattern obtained for thin BG coating layer formed on the specimen using AC (AC 15 V) indicated
a completely amorphous phase, even for thinner BG coating layers, which suggested that thin BG
coating layers formed using AC had better quality with high density. This difference in crystallinity is
because undesired electrolysis of water at the electrodes occurred with the DC, which entrapped the
coating and degraded the coating quality [36]. This was partly confirmed by the nano-indentation test
results, which found that the elastic modulus of the BG layers formed by AC were significantly higher
than those of the BG layers formed using DC.
The frictional force between the bracket and the archwire during tooth movement is a primary
issue in orthodontics. If the frictional force can be decreased, then the efficiency of tooth movement
can be improved [37,38]. The frictional properties are attributed to multiple factors, such as surface
roughness, hardness, elastic modulus, and the cross-sectional dimensions of the orthodontic wires and
brackets [37,38]. A recent study reported that commercially available esthetic coating wire influences
the frictional properties [15] and the esthetic polymer coating may increase the frictional resistance
due to increased wire-binding at the edge of the bracket. The progressive load scratch test used in the
present study showed that the BG-coated specimens (DC 15 V) displayed significantly higher frictional
forces than the other BG-coated specimens (DC 10 V; AC 10 and 15 V), although the other BG-coated
specimens produced slightly higher frictional forces compared with the non-coated stainless steel
specimen. The stainless steel wire alloy generally generates lower levels of frictional resistance than
coated wires [15], and the BG-coated specimens, in some conditions, displayed frictional performance
that was similar to that of the non-coated stainless steel specimens. Thus, the BG coating can likely
provide acceptable clinical frictional characteristics. Evaluation of specimens with thin, high elastic
modulus coatings are required to fully explore this aspect.
The results of this study showed that BG-coated specimens had significant acid-neutralizing
capability due to their ability to release various ions. This suggests that the BG layer may be able
to mitigate enamel demineralization [39,40]. Additionally, this in vitro study demonstrated that
remineralization of etched enamel was accelerated for the BG-coated specimens, which is the most
important finding of the present study. Nano-indentation testing with a 100-mN load showed that
the hardness recovered by 49%–60%, and elastic modulus by 77%–84%, after 3 months of immersion.
In comparison, the recovery of the mechanical properties of the etched enamel surface of non-coated
specimens was unremarkable: The hardness recovered by 13% and the elastic modulus by 15%,
although artificial saliva contains the inorganic ions necessary for remineralization [41]. A similar trend
was observed for the mechanical properties of the top surface regions measured by nano-indentation
testing with a 10-mN load (ca. 1000-nm depth analysis).
BG with an amorphous structure can release multiple ions into the oral environment [22–25],
which may help to prevent the demineralization of tooth surfaces surrounding brackets and enhance
remineralization after bracket debonding. In the present study, XRD analysis confirmed that the EPD
coating process had little influence on the crystal structure of the BG coatings, and these enhanced
enamel remineralization. However, the BG coatings slightly increased the frictional force. The BG
coating formed using AC had acceptable quality and a completely amorphous structure, favorable
esthetic character and mechanical properties. Thus, AC may be more suitable for the EPD coating
process, although there was no significant difference between the BG-coated specimens formed by
DC and AC in terms of their enamel remineralization ability. EPD as a new BG coating process in the
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present study can possibly produce acid-neutralizing and remineralizing capabilities of the enamel
surfaces around orthodontic appliances. Further research to optimize the EPD coating conditions
is warranted.
5. Conclusions
The surface modification technique using EPD and BG for orthodontic stainless steel offers the
possibility of developing new orthodontic metallic appliances with satisfactory esthetic appearance
and remineralization ability, without being cytotoxic.
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Abstract: This study investigates the results of cell cultures on aluminum (Al) templates with
flat-structures, micro-structures, nano-structures and micro/nano-structures. An Al template with
flat-structure was obtained by electrolytic polishing; an Al template with micro-structure was
obtained by micro-powder blasting; an Al template with nano-structure was obtained by aluminum
anodization; and an Al template with micro/nano-structure was obtained by micro-powder
blasting and then anodization. Osteoblast-like cells were cultured on aluminum templates with
various structures. The microculture tetrazolium test assay was utilized to assess the adhesion,
elongation, and proliferation behaviors of cultured osteoblast-like cells on aluminum templates with
flat-structures, micro-structures, nano-structures, and micro/nano-structures. The results showed that
the surface characterization of micro/nano-structure of aluminum templates had superhydrophilic
property, and these also revealed that an aluminum template with micro/nano-structure could
provide the most suitable growth situation for cell culture.
Keywords: surface modification; micro-powder blasting; aluminum anodization; micro/nano-
structure; cell culture
1. Introduction
The surface of dental- or bone-implanted objects must commonly be modified to yield a particular
surface roughness in order to increase their surface area for osteoblast attachment, and to enhance
the bioactive and osteoconductive properties of the underlying substrate. Effective surface treatment
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methods include sand- or grit-blasting using abrasives, chemical treatments, and the deposition of
calcium phosphate (CaP) coatings.
Technological developments have enabled the preparation of nano-scale structures,
including anodized aluminum with neat arrays of holes known as porous alumina, which is
a biomedical material. Biomedical engineering involves cell culture, biomedical materials,
and surface modification. The cell growth is improved by a biomaterial with an effective structure.
Numerous scholars are interested in the scale, micro-structure, and nano-structure of biomaterials.
The powder blasting method for hydroxyapatite (HA) was utilized to blast on a pure titanium
(Ti) substrate. They found that the content and crystal structure of Ti substrate after blasting were the
same as those of pure HA. The bonding strength of Ti substrate after powder blasting was larger than
that by the dip coating, electrolysis deposition, and electrochemical deposition [1]. An animal test
was performed for pure Ti after surface modification by blasting. The results demonstrated that the
thickness of new bone on Ti substrate after being HA blasted exceeded that of pure Ti substrate [2].
A new method was developed for blasting a Ti surface that involved aluminum oxide (Al2O3) and
a dopant (HA, fluoro apatite (FA), magnesium apatite (MgA) and carbonate apatite (CO3A)), and a cell
culture was performed on that surface. The results indicated the greatest proliferation of cells on the
Ti substrate that was blasted by Al2O3 and CO3A particles [3]. The biocompatibility of Ti substrate
was discussed on the condition of being treated by HA blasting alone and by HA blasting with
Al2O3. The results revealed that the surface roughness of the Ti substrate was greater following Al2O3
treatment and HA blasting. A cell culture revealed that the viability of cells on Ti substrate that
was treated with Al2O3 followed by HA blasting exceeded that of the substrate that had undergone
only HA blasting. The results also revealed that the growth of laminate bone has good situation on
the Ti substrate that was treated with Al2O3 and HA blasting [4]. The antibacterial effectiveness of
Ti substrate treated with pure HA particles or HA combined with zinc apatite (ZnA), silver apatite
(AgA), or strontium apatite (SrA) particles were evaluated, and it was found that the substrate that
was treated with HA and AgA performed best in this respect [5]. The wear and friction of a TiAl6V4
substrate that was combined with Al2O3 and teflon, silicon carbide (SiC), or boron carbide (B4C) by
blasting method was investigated [6]. An MG63 cell culture was conducted on a Ti substrate after
blasting with HA and sintered CaP particles. The results revealed that surface modification increased
cell proliferation on the Ti substrate [7]. A MG63 cell culture was carried out in vitro on the TiAl6V4
following surface modification (using different co-blasting methods). Their results demonstrated that
co-blasting with bioglass and HA particles improved the osteoconduction and growth of cells on
TiAl6V4. Their results also indicated that co-blasting of the TiAl6V4 substrate yielded a better alkaline
phosphatase (ALP) value than the plasma spray method [8,9]. The researchers reviewed 348 papers
on MG63 proliferation on Ti and TiAl6V4 substrates that had undergone various methods of surface
modification [10]. The nanostructure of substrate affected the adhesion and proliferation of cells in vitro.
The results showed that the moderately rough substrates with large fractal dimension could boost cell
proliferation [11,12]. The morphology and biocompatibility of polished nitinol (NiTi) and Ti material
surfaces treated with a mixed solution of three acids (HCl–HF–H3PO4) were evaluated. The results
showed that surfaces treated with HCl–HF–H3PO4 had higher roughness, lower cytotoxicity, and better
biocompatibility than controls [13,14]. MG63 cells were seeded on machined pretreated, nano-modified
pretreated, sandblasted/acid-etched, and nano-modified sandblasted/acid-etched Ti disks. The results
revealed that the nanoscale structures in combination with micro-/submicro-scale roughness improved
osteoblast differentiation and local factor production, which indicated the potential for improved
implant osseointegration [15,16].
The oxidation of anodic aluminum oxide (AAO) in sulfuric acid, phosphoric acid, or oxalic
acid yields anodized porous alumina. Generally, AAO has a highly porous array structure and
straight uniform pores. The diameter of pores varies with anodic reaction conditions. Straight
nano-channels of AAO are often used to provide a framework for the formation of highly regular
nano-structured materials. Porous anodic alumina membranes are formed from metal aluminum in
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acidic solution by two-step anodization [17–23]. The most commonly used electrolytes are sulfuric
acid, oxalic acid, and phosphoric acid solution. In the anodizing process, aluminum is the anode,
an electric field is applied, and the surface of the aluminum forms an oxide film. The extent of
electrolytic oxidation increases with the voltage. Varying the electrolyte and the electrolysis time yields
alumina membranes with pore diameters up to several hundred nanometers, or as small as 5 nm.
The hole density up to 1011 holes/cm [24–27] and film thickness from 10 to 100 μm can be obtained.
The porous alumina template is by far the most widely used template because it has monodispersed
characteristic, it can resist high temperatures, and has high strength. The resulting nanotopography
combines ordered nanostructures with widely varying surface energies, providing a unique platform
for studying cell–substrate interactions. Human dermal fibroblasts were cultured on these substrates.
Surface patterning with nanoscale pillars markedly affected cell morphology, which was independent
of surface energy. Cell spreading was significantly reduced on both hydrophobic and hydrophilic
surfaces with nanopillars. This analytical result shows that surfaces which resist cell spreading can
be fabricated by generating suitable nanoscale topography, without concern for the effect of surface
chemistry on hydrophilicity [28–31]. Popat et al. [32] established that the cell activity on AAO exceeded
that on pure aluminum. Hoess et al. [33] showed that the filopodia of a HepG2 cell passed through
nanoholes with a diameter of 263 nm, favoring cell adhesion and proliferation.
The motivation of this study is to study the cell culture on aluminum templates with various
structures for application on dental- or bone-implanted objects. The purpose of this study is to
discuss the behaviors of cell culture on the various structures of Al template by different surface
modification methods. The authors have developed the mini screw on prosthodontics in Taipei
Medical University. The mini screw was used as the aluminum material. The research emphasizes
that the surface property of the mini screw (as the implanted object) influences the osseointegration.
This investigation concerns cell culture on aluminum templates with flat structures, micro-structures,
nano-structures, and micro/nano-structures. This study focuses on the various structures of Al
templates for osteoblast-like cells (MG63, human osteosarcoma cell), because these cells (MG63) have
different effects on aluminum templates of micro-sized structures formed by micro-powder blasting
and on aluminum templates of anodized nanometer-sized structures and on aluminum templates
of micro/nano-structures by micro-powder blasting and anodized process. This study emphasizes
the surface roughness and surface property (hydrophilic or hydrophobic) on aluminum templates
with various structures for cell culture. The purpose of this study is to apply the implanted object for
bone or teeth to osseointegration. This can improve the stability of bone or dental implanted objects
and decrease the repair time of bone or teeth. The null hypothesis is that the surface modification
methods (micro-powder blasting, anodized process, micro-powder blasting + anodized process) only
have an effect on the surface properties of the Al template.
2. Materials and Methods
2.1. Materials
Specimens were prepared from circular aluminum (Al) templates (99.9%, thickness = 1 mm,
Φ = 15 mm) using various processes. To prepare a flat-structure specimen, the Al template was
electropolished in a solution of perchloric acid and ethanol (HClO4:C2H5OH = 1:4) at 7 ◦C for 2 min to
remove surface irregularities.
2.2. Micro-Structure of Al Template
A micro-structured Al template was prepared. A micro-blasting machine (MICROPEEN 1300
ZP/ZPD, Iepco, Leuggern, Switzerland) was used to perform micro-powder blasting on Al template
(99.9%). The micro-powder blasting formed irregular concave micron-sized holes on the surface of the
aluminum template. This method increased the surface roughness of the aluminum. The sands used
for micro-powder blasting were MS 245A, MS 300A, MS 550A and MS 550BT (A means sharp sand,
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BT means round sand), with a diameters of 50–250, 30–70, 10–20, and 20–30 microns, respectively.
To form an aluminum template with micro-structure, a blasting pressure of six bars was utilized;
the distance between the blasting nozzle and the template was 3 cm; two blasting times were used in
each case, and four kinds of sand particles were used.
2.3. Nano-Structure of Al Template (AAO)
A nano-structured Al template was formed, and anodic aluminum oxide (AAO) was prepared
as follows:
• Pre-treatment: Aluminum template with a purity of 99.9% was soaked in an alcohol solution
and ultrasonically vibrated for 30 min. It was then placed in 5% NaOH and soaked for 3 min to
remove surface oil. Following heat treatment (400 ◦C, 4 h), it was electrolytically polished using
85% perchloric acid (HClO4, Kanto Chemical Co., Ltd., Tokyo, Japan) and 15% ethanol (C2H5OH).
It was then washed twice in deionized water.
• Anode handling: (1) Aluminum template was firstly anodized using 0.5 M oxalic acid on 30 V
at room-temperature for 1 h to do the anodic process for the first time; (2) Chemical etching:
The aluminum was rinsed for the second time in deionized water, and placed in a solution of
1.5 wt % chromic acid (Katayama reagent Co., Ltd., Osaka, Japan) that had been mixed with 6 wt %
phosphoric acid (Katayama reagent Co., Ltd.) at 70 ◦C. The reaction time was 1 h. The growth
was etched to retain a few pit holes under its surface. It was then washed twice in deionized
water, before being anodized for the second time; (3) The second anodic treatment was conducted
using 0.5 M oxalic acid at 30 V and room temperature for 3 h.
2.4. Micro/Nano-Structure of Al Template
To generate a surface with micro/nano-structure, the micro-powder blasting method and
an anodization process (voltage: 30 V, 0.5 M oxalic acid, room temperature, first anodized period
time: 1 h, second anodized period time: 3 h) were utilized to form nano-holes in a micro-structured
aluminum template. The novelty of this work is the use of an innovative method to fabricate an Al
template with micro/nano-structure. This method is easy, fast, and cheap for the production of
the micro/nano-structured Al template. The surface properties of the flat aluminum or aluminum
templates with various structures (micro-structure, nano-structure, and micro/nano-structure)
importantly affect the cell culture that is performed on these materials. Figure 1 displays the fabrication
of Al template with various structures.
Figure 1. Fabrication process for different structures of aluminum (Al) templates.
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2.5. Surface Properties
A contact angle meter (DIGIDROP DGD-DI, GBX, Dublin, Ireland) was used to measure the
contact angle of aluminum templates with various structures. The contact angles of the surfaces
of Al template with flat-structure, micro-structure, nano-structure, and micro/nano-structure are
discussed. 5 points were measured on each specimen. Deionized water (0.5 μL) was dropped on
the template surface. The three states of solid/gas/liquid affected the liquiddrop stability, the use of
computer-controlled photography (25/s) captured images and converted the image files. The obtained
data of measured contact angle were made into charts.
A MultiMode 3D scanning probe atomic force microscope (DI 3100, Advanced Surface Microscopy,
Indianapolis, IN, USA) was utilized to determine the surface roughness of Al templates with various
structures. The atomic force microscope (AFM) was also applied to measure the surface profile of
aluminum templates with different structures. The authors measured the surface roughness of each
test template at 5 measurement points. The scanning range of each measurement point was 5 × 5 μm2.
The surface morphology of Al templates with various structures was analyzed by SEM (JSM-6700F,
JOEL, Peabody, MA, USA).
2.6. Cell Culture
In the phosphate-buffered saline (PBS) buffer allocation method, PBS and deionized water were
mixed in ratio of 1:9. The PBS was put in a sterilized bottle and stored in a refrigerator at 4 ◦C.
Dulbecco’s Modified Eagle Medium from HyClone Co. (South Logan, UT, USA) was added to 10%
PBS and 1% penicillin (HyClone Co.). The MG63 cell line (ATCC CRL-1427) was used in the cell
culture. MG63 is a human bone precursor cell (human osteogenic sarcoma). MG63 cells are utilized
in experimental research of the in vitro attachment and proliferation of bone cells. The microculture
tetrazolium test (MTT) is 3-(4,5-cimethylthiazol-2-yl)-2,5-diphenyl tetrazolium bromide. It is a yellow
compound that accepts hydrogen ions. It acts on the respiratory chain of living cell lines. Cracking
its tetrazolium ring using succinate dehydrogenase and cytochrome C yields a blue formazan crystal.
In this study, the crystal was dissolved in dimethyl sulfoxide, and its optical density (OD) was
measured using an ELISA machine (Anthos 2020, Biochrom, Cambridge, UK). The OD value indicated
the cell activity.
2.7. Statistics
Measured data were subjected to statistical analysis. For any given experiment, each data point
represented the mean ± standard deviation (SD) of six individual experiments. The Tukey-test was
used to determine significance between groups in the contact angle and surface roughness. Statistical
significance was indicated by * p < 0.05, ** p < 0.01, and *** p < 0.001.
3. Results and Discussion
3.1. Surface Morphology of Micro-Structure of Al Template
In this work, micro-powder blasting was carried out to form a micron-scale surface on
an aluminum template, which was then anodized to produce nanoholes in anodic alumina. Finally,
the micro/nano-structure of the aluminum template was formed. The first goal was to form a suitable
micro-structured surface of aluminum using various sand particles on micro-powder blasting (Figure 2).
The depth of the surface of the aluminum micro-structure declined as the diameter of the sand particles
declined (Figure 2a–c). The results also reveal that surfaces which had been impacted by larger
sand particles were more concave and convex. Figure 2d demonstrates that the depth of the surface
micro-structure of aluminum that underwent impact by round sand particles was less than that
which underwent impact by sharp sand particles. The results also indicate that the micro-structure
surface of aluminum that underwent impact by round sand particles was smoother than that by sharp
sand particles.
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Figure 2. SEM images of Al template by powder blasting processing: (a) MS 245A (Φ = 50–250 μm);
(b) MS 300A (Φ = 30–70 μm); (c) MS 550A (Φ = 10–20 μm); (d) MS 550BT (Φ = 20–30 μm).
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3.2. Surface Morphologies of Nano and Micro/Nano-Structures of Al Template
To assess the quality of the prepared anodized aluminum templates, they were observed using
SEM and AFM, as presented in Figure 3. Figure 3a shows the SEM images of AAO that were formed
by the anodization process. The results reveal that the mean pore size in AAO was approximately
100 nm. Additionally, the formed pore arrays of AAO were very uniform. The micro/nano-structure
of the Al template obtained by micro-powder blasting and anodic oxidation process is discussed.
Figure 3b presents an SEM image for the previous process with electrolytic polishing, followed by
the anodic oxidation process. The results demonstrate that micro-powder blasting barely formed
a micro-structure, but rather formed nanoholes in AAO, yielding a pore size of about 60–80 nm.
Figure 3c shows the SEM images following anodic oxidation process without electrolytic polishing.
The results indicate that the micro-structure formed on the Al template, and nanoholes formed in the








Figure 3. SEM images of nano-structure and micro/nano-structure: (a) Φ = 100 nm (anodic aluminum
oxide (AAO)); (b) Φ = 60–80 nm (nano-hole on micro/nano-structure with electrolysis polishing);
(c) Φ = 50–80 nm (nano-hole on micro/nano-structure, without electrolysis polishing).
55
Coatings 2017, 7, 179
3.3. Surface Properties of Various Al Template Structures
The surface properties of the various structured templates importantly affect the cell culture
thereon. The effects of contact angle and surface roughness of Al templates with various structures
on their surface are considered. Table 1 displays measured contact angles on smooth Al template
(flat-structure), a micro-structured Al template that was formed by micro-powder blasting (MS 245A,
MS 300A and MS 550BT), the nano-structure (AAO) and the micro/nano-structured Al template,
revealing that the contact angles of the Al templates with the different structures fall into three
groups. The contact angles of the smooth Al template and the micro-structure of Al substrate formed
by micro-powder blasting (MS 245A) were about 77◦–88◦. The contact angle of Al template by
MS 245A did not decline very much as the size of the sand particles increased, yielding a larger
micro-structure, so the surface properties of the Al template did not improve with an increase in the
particle size. The contact angles of the Al template with micro-structure formed by micro-powder
blasting (MS 300A, MS 550BT) were around 28◦–36◦, revealing that the surface of the Al template by
micro-powder blasting changed from hydrophilic to more hydrophilic. Furthermore, the contact angles
of Al templates with various structures were affected by the size of sand particles, and are independent
of their shapes. Finally, the contact angles of the nano-structure (AAO) and micro/nano-structure on
Al template were about 7◦–21◦, indicating that these structures are superhydrophilic. These results
also show that the micro/nano-structured Al template had the lowest contact angles, and that the
micro/nano-structure of the Al template was more hydrophilic than the other structures of the Al
template. Contact angle values by Tukey-test are also listed in Table 1. The contact angle indicates that
there was no statistically significant difference between the smooth Al template and the Al template
with micro-structure (MS 245A). The results also show that the contact angle between Al template with
micro-structure (MS 300A) and the Al template with micro-structure (MS 500BT) had no statistically
significant difference. The other two had statistically significant differences from each other in terms of
contact angle for different structured templates.
Table 1 also presents the surface average roughness (Ra) values of Al templates with various
structures. The results of surface roughness (Ra) indicate that the Ra of the Al template after
micro-powder blasting is larger than that of flat Al template. The Wenzel equation appears that
the surface roughness of the template can improve the surface wetting property. The contact angle of
the template decreased as its surface roughness increased [34]. The results indicate that micro-powder
blasting with smaller sand particle yielded larger Ra values of the Al template, because larger sand
eroded the Al template more strongly and it could not produce small bumps on the surface of the Al
template. The Ra value of the Al template fell as the size of the sand in the micro-powder blasting
increased. The results also demonstrated that rounder sand in micro-powder blasting yielded smaller
Ra values of the Al template, because sharp sand could more easy produce bumps on the surface of the
Al template. The micro/nano-structure of the Al template had the highest Ra value. The Tukey-test
for surface roughness of Al templates with various structures is also listed on Table 1, indicating that
there was no statistically significant difference between the nano-structured (AAO) template and the
micro-structured template (MS 245A). The results also reveal that the surface roughness between the
micro-structured template (MS 300A) and the micro/nano-structured template had no statistically
significant difference. The other two had statistically significant differences with each other in surface
roughness for different structured templates.
The results of this study also reveal that the micro-powder blasting + anodized method yielded
the minimum contact angle and the maximum surface roughness in the Al template. The contact
angle had a smaller value and the surface roughness had the smallest value via the anodized method.
The contact angle was largest via micro-powder blasting with different sized particles.
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Table 1. Contact angles and surface roughnesses for different structured templates by Tukey-test.
Group Contact Angle (◦) Surface Roughness (nm) p-Value Tukey-Test
AAO 18.76 ± 3.09 12.65 ± 0.06 0.001 ***/0.001 *** A/A
MS 245A 80.70 ± 3.86 13.88 ± 0.07 – B/A
MS 300A 33.58 ± 3.04 51.67 ± 0.13 – C/B
MS 550BT 31.22 ± 3.02 40.07 ± 0.20 – C/C
Micro/nano-structure
on Al substrate 11.08 ± 4.19 56.37 ± 0.28 – D/B
Smooth Al 85.72 ± 3.54 25.57 ± 0.13 – B/D
*** p < 0.001.
3.4. Cell Viability Evaluation in Vitro
Figure 4 displays the MTT assay on Al templates with various structures. The OD value was
statistically significantly different between the smooth Al template and the micro/nano-structured
Al template. The results show that the OD value increased with the cell time regardless of the
template structure. The results also reveal that the micro/nano-structure of the Al template had the
highest OD value because it had the largest surface area; this explains why its surface approaches
superhydrophilicity. The results also show that the OD values among the smooth Al template and
micro/nano-structured Al template were statistically significantly different at day 4. In vitro studies
revealed that the growth response of specific cell types give insight into the surface properties of the
substrate. The surface roughness affects the cell response. The growth behavior of osteoblast-like cells
(MG63) demonstrates the phenotypic characteristics of roughness-dependence. The results herein
demonstrate that surface roughness may play an important role in determining cell response [35–37].
The results also demonstrate that the OD value depends on the contact angle. There are many
studies indicating that the suitable hydrophilic property of a template surface can improve the cell
adhesion and spreading on the surface [35,38,39]. A smaller contact angle yields a larger OD value,
indicating that the hydrophilic nature of the template favors the cell adhesion and proliferation.
Figure 4. The microculture tetrazolium test (MTT) assay for different structured templates. (Values are
the mean ± SD of six experiments (n = 6), * p < 0.05, ** p < 0.01, *** p < 0.001).
The results also indicate that a good behavior of cell adhesion and proliferation appeared on the
surface of the Al template obtained by micro-powder blasting + anodized method, followed by the use
of micro-powder blasting. The OD value had the smallest value on the smooth Al template.
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3.5. The Results of Null Hypothesis
The null hypothesis was that surface modification methods (micro-powder blasting, anodized
process, micro-powder blasting + anodized process) only has an effect on the surface of the Al template.
The authors wanted to determine the depth of the Al template micro-structure or micro/nano-structure
after surface modification. Figure 5 shows the surface profile of different structures of aluminum
templates measured by AFM. The depth of the Al template was about 80.89 nm. The results show that
the depths of the micro-structure of the Al template were 109.15 nm, 158.93 nm, and 164.52 nm for
sand particles MS 245A, MS 300A, and MS 550BT by micro-powder blasting, respectively. The depth
of AAO was 150.00 nm for the anodized process. The depth of Al template micro/nano-structure was
171.15 nm by the micro-powder blasting + anodized process. The previous results can reveal that the
surface modification methods influence the surface layer of the Al template. The experimental results







Figure 5. Surface profile of different structures on aluminum templates: (a) Al template; (b) MS 245A;
(c) MS 300A; (d) MS 550BT; (e) AAO; (f) micro/nano-structure without electrolysis polishing.
4. Conclusions
This study evaluates the effects of Al template with various structures on cell cultures. The results
can be used for the reference on bone or dental implants. The Al template with the flat-structure was
slightly hydrophilic; the Al template with micro-structure formed by micro-powder blasting was more
hydrophilic. The Al template with nano-structure became superhydrophilic by the anodization method.
The Al template with micro/nano-structure became superhydrophilic, and it had the maximum value
of contact angle. The Al template with micro/nano-structure had the maximum value of surface
roughness, followed by the Al template with micro-structure, followed by the smooth Al template,
and the Al template with nano-structure had the minimum value. Osteoblast-like cells (MG63) were
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cultured on the variously structured templates for 4 h, 1 day, and 4 days, before the MTT assays were
performed. The results revealed that the Al template with micro/nano-structure had the highest OD
value. The reason is that this template had the superhydrophilic property and the maximum surface
roughness. The Al template with micro/nano-structure was more suitable for cell culture in this study.
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Abstract: This study investigated a diamond-like carbon (DLC) coating formed on stainless steels
(disk and wire specimens) using a plasma-based ion implantation/deposition method with two
different parameters (DLC-1, DLC-2). These specimens were characterized using high-resolution
elastic recoil analysis, microscale X-ray photoelectron spectroscopy and nanoindentation testing to
determine the hydrogen content, sp2/sp3 ratio and mechanical properties of the coating. Three-point
bending and frictional properties were estimated. DLC-1 had a diamond-rich structure at the external
surface and a graphite-rich structure at the inner surface, while DLC-2 had a graphite-rich structure
at the external surface and a diamond-rich structure at the inner surface. Mean mechanical property
values obtained for the external surface were lower than those for the inner surface in both types of
DLC-coated specimens. The hydrogen content of DLC-2 was slightly higher versus DLC-1. Both
DLC-coated wires produced a significantly higher elastic modulus according to the three-point
bending test versus the non-coated wire. DLC-2 produced significantly lower frictional force than the
non-coated specimen in the drawing-friction test. The coating of DLC-1 was partially ruptured by the
three-point bending and drawing-friction tests. In conclusion, the bending and frictional performance
of DLC-coated wire were influenced by the hydrogen content and sp2/sp3 ratio of the coating.
Keywords: diamond-like carbon; frictional property; hydrogen content; surface modification;
sp2/sp3 ratio
1. Introduction
Metallic orthodontic appliances, such as brackets and archwires, typically show superior
properties [1] and provide many clinical advantages, such as low frictional resistance and good
bending performance as orthodontic archwires. They have been widely used in clinical orthodontics,
although they have esthetic limitations compared to other orthodontic appliances made from ceramics
and plastics. Another disadvantage of metallic orthodontic appliances is corrosion in the oral
environment [2,3], because the release of metallic ions, such as nickel (Ni) and chromium (Cr), may
cause an allergic reaction during orthodontic treatment [4–6].
The frictional force between the bracket and archwire (resistance to sliding) during tooth
movement is a primary issue in orthodontics [7,8]. If the frictional force can be decreased, then
the efficiency of the tooth movement can be improved. To improve the frictional characteristics and
corrosion resistance, various surface modification techniques, such as diamond-like carbon (DLC)
coating [9–12], plasma immersion ion implantation [7,13,14] and bioactive glass coating [15], have
been investigated.
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In recent years, DLC coating has become the subject of considerable research interest due to its
bioinertness, extreme hardness, low friction coefficient and high wear resistance [16]. This technique
has attracted significant attention for biomedical applications, such as artificial joints, cardiac stents
and orthodontic archwires [17]. Concerning orthodontic applications, experimental DLC-coated
orthodontic wires have been studied by several research groups [9–12,18–20]. One study reported that
DLC layers protect against the diffusion of Ni and its release at the surface of Ni–Ti archwires and
that these coatings are noncytotoxic in corrosive environments [18]. Other studies have investigated
the effect of DLC coatings on the friction of orthodontic wires and found that DLC-coated wires
produced less frictional resistance than non-coated wires [9–12,18–20]. The properties of a DLC coating
depend on the hydrogen content, sp2/sp3 ratio and presence of doping elements [21,22]. The properties
of DLC-coated orthodontic materials are not well understood, and limited information is available
regarding the hydrogen content and sp2/sp3 ratio of DLC-deposited surfaces.
First, we deposited a DLC film onto orthodontic stainless steels using two different parameters
and characterized the DLC films to determine their hydrogen content, sp2/sp3 ratio and mechanical
properties. The bending and frictional properties of the DLC-coated orthodontic stainless steels were
also investigated.
2. Materials and Methods
2.1. Materials
Mechanically-polished stainless steel disk specimens (diameter: 14 mm; thickness: 2 mm; Nogata
Denki Kogyo, Tokyo, Japan) and as-received stainless steel orthodontic wires with cross-sectional
dimensions of 0.017 × 0.025 in2 (stainless steel archwire; 3M Unitek, Monrovia, CA, USA) were
purchased and subjected to DLC coating. These stainless steels were confirmed to be Type 304 austenitic
stainless steel (ISO No. 4301-304-00-I) by X-ray fluorescence analysis. As-received, preadjusted stainless
steel orthodontic brackets (Mini Uni-Twin; 3M Unitek) for the upper canine teeth were used for friction
tests. Non-coated specimens served as a control.
2.2. DLC Coating Procedure
DLC films were deposited onto stainless steel disks and wires using a plasma-based ion
implantation/deposition (PBIID) method after the specimens were cleaned ultrasonically with acetone
and alcohol. A custom-made jig was used to hold the specimens in the PBIID equipment (PEKURIS-HI;
Kurita Seisakusho, Kyoto, Japan). To obtain DLC films with different compositions, two different
parameters for target voltage, gas atmosphere and deposition time were used; these are listed in Table 1.
All deposition processes were carried out at a pressure of 1.33 × 10−3 Pa.
Table 1. Deposition parameters for the DLC coating procedure used in the present study.
DLC Coating Procedure Target Voltage Gas Atmosphere Deposition Time
DLC-1 10 kV Acetylene + Toluene 3 min
DLC-2 7 kV Toluene 4 min
2.3. Phase Identification by X-ray Diffraction and Scanning Electron Microscopy of the Coating
Wire specimens were cut into segments (length: 1 cm) using a water-cooled diamond saw (Isomet;
Buehler, Lake Bluff, IL, USA). The segments were then placed side-by-side on the sample holder to
yield ca. 1 × 1 cm2 specimens. Representative surfaces of the control and DLC-coated wire specimens
were analyzed using XRD (Rint-2500; Rigaku, Tokyo, Japan) via a parallel-beam method using Cu–Kα
radiation (40 kV; tube current: 100 mA) over 2θ ranging from 10◦–60◦ at a step size of 0.02◦ and a scan
speed of 0.25◦ min−1. The XRD patterns were obtained at 25 ◦C and analyzed for phase identification
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and quantification using PDXL2 software (Rigaku) based on the International Center for Diffraction
Data (ICDD) database.
To observe the DLC-coated layers on a cross-sectioned surface, a wire specimen was encapsulated
in an epoxy resin (Epofix; Struers, Copenhagen, Denmark) cross-sectioned with a slow-speed,
water-cooled diamond saw (Isomet; Buehler) and then ground and polished using a series of
silicon carbide abrasive papers and a final slurry of 0.05-μm alumina particles. All specimens were
sputter-coated with pure gold for SEM evaluation (JSM-6610LA; JEOL, Tokyo, Japan); the SEM operated
at 15 kV.
2.4. Compositional Characterization of the Coating by High-Resolution Elastic Recoil Analysis and Microscale
X-ray Photoelectron Spectroscopy
An elastic recoil detection analyzer (ERDA; HRBS1000; Kobelco, Hyogo, Japan) was used for depth
profiling of the hydrogen content of DLC-coated disk specimens. The ion type, acceleration voltage,
incident angle and scattering angle were N+, 500 kV, 67.5 and 45.6◦, respectively. The main chamber
was maintained at a pressure less than 1 × 10−5 Pa during the measurements. A multi-channel plate
was used as the detector in this study. A beam of 500 keV N+ ions was irradiated against the surface of
the specimens, and hydrogen ions recoiled at 45.6◦ were measured by the 90◦ sector-type magnetic
spectrometer. To reject the scattered N+ ions, a Mylar foil was set in front of a multi-channel plate
detector. The energy of hydrogen ions recoiled from the surface region of the implants was ca. 61 keV.
Amorphous carbon materials with 20 at.% hydrogen were used as the standard sample. The standard
sample was also measured under the same measurement conditions. The hydrogen contents of the
specimens relative to carbon were compared with that of the standard sample. This enabled the depth
profile of the contents to be calculated because the change in energy of the hydrogen ions corresponds
to their depth from the surface.
The surface and in-depth composition of the control and DLC-coated disk specimens were
analyzed by micro-XPS (Quantera II; Ulvac-Phi, Kanagawa, Japan) using Al Kα radiation with a 25-W
beam power. The pressure of the main chamber was maintained at less than 1 × 10−6 Pa. Measurements
on a 100 μm2 area of the disk specimens were conducted from 0–1100 eV at a step size of 0.2 eV.
The counting time was 20 ms for each step, and the number of sweeps was 5, i.e., the total counting
time was 100 ms at each step. Argon-ion sputtering was used for depth profiling measurements.
The ion sputtering area was 2 × 2 mm2, and the measurements were taken at the center of the area.
The sputtering rate of a SiO2 layer under the same conditions was 13 nm min−1. The sp2 (for graphite)
and sp3 (for diamond) contents were determined using the software bundled with the XPS apparatus.
2.5. Mechanical Properties of the Coating from Nanoindentation and Three-Point Bending Testing
The external surfaces of DLC-coated wire specimens were examined with a nanoindentation
apparatus (ENT-1100a; Elionix, Tokyo, Japan). The specimens were fixed to the specimen stage with
adhesive resin (Superbond Orthomite; Sun Medical, Shiga, Japan). Nanoindentation testing was
carried out at 28 ◦C using a Berkovich indenter for depth analyses at 20 and 70 nm (n = 10). Linear
extrapolation methods (according to the ISO Standard 14577 [23]) were applied to the unloading curve
between 95% and 70% of the maximum test force to calculate the elastic modulus. The hardness and
elastic modulus of the wire specimen surfaces were calculated using the software bundled with the
nanoindentation apparatus.
2.6. Evaluation of the Elastic Modulus of the DLC-Coated Wires by the Three-Point Bending Testing
A three-point bending test was carried out for non-coated and DLC-coated wires (n = 10). A 12-mm
span was chosen for the wire segments in accordance with the ANSI/ADA Specification No. 32. All
samples were loaded following the same protocol on a universal testing machine equipped with a
20 N load cell (EZ Test; Shimadzu, Kyoto, Japan) at room temperature (25 ◦C). Each wire was first
loaded to a deflection of 1.0 or 1.5 mm and then unloaded at a rate of 0.5 mm min−1. Following a
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three-point bending test, a specimen was inspected with a stereoscopic microscope (SMZ1500; Nikon,
Tokyo, Japan) to observe the detachment of the DLC layers.
2.7. Frictional Properties Measured by the Progressive Load Scratch Test and Drawing Friction Test
A microtribometer (CETR-UMT-2; Bruker, Billerica, MA, USA) was used to characterize the
frictional properties of each disk specimen by the progressive-load scratch test. A diamond stylus
having a 12.5-μm tip radius was moved 5 mm over a specimen surface with linearly increasing
normal load (0.5–20 gf) at a constant speed of 0.016 mm s−1, and the value of the friction coefficient
(tangential force) was obtained (n = 5). The initial frictional force, average frictional force during the
first 0.5-mm scratch and total frictional force and average frictional force during the entire 5-mm scratch
were calculated. After the scratch test, each specimen was inspected with a stereoscopic microscope
(SMZ1500; Nikon, Tokyo, Japan) to determine the distance for detachment.
The forces generated with each wire/bracket combination were measured under dry and wet (in
artificial saliva) conditions at room temperature (25 ◦C) using a custom-fabricated drawing-friction
testing device attached to a universal testing machine (EZ Test; Shimadzu, Kyoto, Japan) [9]. Each
bracket was bonded to a stainless steel plate with a non-filled adhesive resin (Superbond; Sun Medical,
Shiga, Japan), and a bracket-mounting device provided 10◦ angular positioning for the bracket.
The stainless steel plate with the bracket was attached to a friction-testing device. A 5-cm wire segment
was then bound to the bracket using an elastic ligature (Alastik Easy-To-Tie Ligatures, 3M Unitek).
The upper end of the wire was fixed to a grip attached to the load cell, and the lower end of the
wire was fixed to a 150-g weight. Each wire was drawn through the bracket at a crosshead speed of
10 mm min−1 for a distance of 5 mm. The X axis was recorded for wire movement and the Y axis
for the force. In the present study, the static frictional force was determined at the initial peak of
movement, and the kinetic frictional force was calculated by averaging force values after the static
friction peak [7,8]. The sample size for each condition was 10 (n = 10). After the drawing-friction test,
a specimen was inspected with a stereoscopic microscope (SMZ1500; Nikon) to observe the detachment
of the DLC layers.
2.8. Statistical Analyses
Statistical analyses were performed using SPSS Statistics software (ver. 23J for Windows; IBM,
Armonk, NY, USA). The mean frictional forces, along with the standard deviation, were analyzed by
two-way analysis of variance (ANOVA). The two factors were the coating procedure (non-coating,
DLC-1, DLC-2) and test environment (dry, wet). Additionally, the mean hardness, elastic modulus and
frictional force were compared using one-way ANOVA, followed by Tukey’s or Games–Howell tests.
The mean distance for detachment in the progressive-load scratch test was compared using Welch’s
t-test. For all statistical tests, significance was predetermined at p < 0.05.
3. Results
3.1. Crystal Structures and Morphological Features of the Coating Layers
Figure 1 displays representative XRD spectra of non-coated and DLC-coated wire specimens.
No peak was obtained for either DLC-coated specimen due to their amorphous structures. The XRD
spectra for the non-coated wire specimen contained peaks associated with the austenite phase (γ-Fe)
(ICDD PDF 01-071-4649) and a non-indexed peak at 21.6◦.
Representative SEM images of the non-coated and DLC-coated wire specimens are shown in
Figure 2. The thin DLC layers on the wire specimen surfaces were ca. 300 nm thick for both the DLC-1
and DLC-2 cases. Good interfacial adhesion was observed between all DLC-deposited layers and
bulk materials.
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Figure 1. X-ray diffraction patterns obtained from the surfaces of non-coated and diamond-like carbon
(DLC)-coated wire specimens.
 
Figure 2. Scanning electron microscopy images of cross-sectioned disk (first raw) and wire specimens
(second raw): (a,c) DLC-coated specimens (DLC-1) and (b,d) DLC-coated specimens (DLC-2). DL, DLC
layer; D, disk; W, wire; E, epoxy resin. Original magnification: 20,000×.
3.2. Compositional Characterization of the Coating
Figure 3 shows hydrogen depth profile (concentration relative to carbon) by the elastic recoil
detection analysis (ERDA) to a depth of 600 Å (60 nm) for the DLC-coated disk specimens. A higher
hydrogen concentration was detected for DLC-2. The average hydrogen contents from the top surface
to a depth of 600 Å were 23% for DLC-1 and 27% for DLC-2; the external surface regions contained
29% for DLC-1 and 33% for DLC-2.
Figure 4 shows the C 1s spectra obtained by XPS for the DLC-coated disk specimens.
Gaussian-Lorentzian curve fitting was used to deconvolute the spectra into three peaks corresponding
to sp2 for graphite-like (284.5 eV) and sp3 for diamond-like (285.3 eV) and CO-contaminated
(283.56–288.43 eV). The amounts of sp2 and sp3 and the sp2/sp3 ratio (area) for each sputtered layer
are summarized in Table 2 (a single layer was ca. 13 nm thick). The C 1s spectra almost disappeared
from 40 layers because of the exposure of stainless steel surface to Ar-ion sputtering. The DLC-1 had a
higher sp2/sp3 ratio (0.343) at the external surface region, although the value decreased (to 0.235) for
four sputtered layers, which was similar to that for DLC-2 (0.283). On the other hand, DLC-2 had a
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graphite-rich external surface (sp2/sp3 ratio: 0.181), although the value increased (to 0.343) after nine
sputtered layers, which indicated a diamond-rich surface.
Figure 3. The hydrogen depth profile (concentration relative to carbon) to a depth of 600 Å (60 nm)
determined from elastic recoil analyses of DLC-coated disk specimens.
Figure 4. Gaussian-Lorentzian curve fitting of X-ray photoelectron spectroscopy C 1s spectra obtained
for DLC-coated disk specimens.
Table 2. The sp2, sp3 and sp2/sp3 ratio for each sputtered layer.
Layers
DLC-1 DLC-2
sp2 sp3 sp3/(sp2 + sp3) sp2 sp3 sp3/(sp2 + sp3)
1 51,573 26,885 0.343 64,025 14,128 0.181
5 82,776 25,388 0.235 80,737 31,883 0.283
10 78,206 19,654 0.201 73,440 38,368 0.343
15 74,470 20,126 0.213 63,305 45,916 0.420
20 76,467 20,132 0.208 60,451 47,915 0.442
25 73,992 20,656 0.218 71,608 23,626 0.248
30 12,557 6553 0.343 19,183 3356 0.149
35 3864 2553 0.398 911 2221 0.709
40 disappeared disappeared – disappeared disappeared –
68
Coatings 2018, 8, 199
3.3. Mechanical Properties of the Coating
The mechanical properties of DLC-coated wire specimens obtained from nanoindentation testing
at two analysis depths (ca. 20 and 70 nm) are summarized in Table 3. The mean values of the
mechanical properties (hardness and elastic modulus) obtained for the external surface regions (at ca.
a 20-nm depth) were lower than those for the inner surface regions (at ca. 70 nm depth) for both types
of DLC-coated specimens. The DLC-1 tended to show higher mechanical properties at the external
surface region and lower mechanical properties at the inner surface region compared with the DLC-2,
although only the elastic modulus at the inner surface region was significantly different.
Table 3. Mechanical properties of DLC-coated wires obtained from nanoindentation testing (GPa).
Mechanical Properties Analysis Depth DLC-1 DLC-2 p Value 1
Hardness
20 nm 8.13 (1.24) 7.49 (1.55) 0.317
70 nm 9.18 (0.64) 9.69 (1.18) 0.241
Elastic modulus
20 nm 117.16 (19.59) 106.35 (36.60) 0.421
70 nm 123.68 (6.42) 135.40 (12.04) 0.014
Notes: Values are presented as the mean ± SD; 1 Student t-test.
Table 4 summarizes the elastic modulus for the non-coated and DLC-coated wire specimens
obtained by the three-point bending test. Both DLC-coated wires had a significantly higher elastic
modulus (181–188 GPa) than the non-coated wire (170 GPa). For the 1.5-mm bending condition,
the DLC-1 (188 GPa) had a significantly higher elastic modulus than the DLC-2 (181 GPa). Micrograph
images taken following this three-point bending test revealed that the coating layer had been removed
from the inner core for both DLC-coated wire specimens; none of the DLC-2 wire coatings were




Figure 5. Stereomicroscope images of DLC-coated wires after the three-point bending test. (a,c) DLC-1
and (b,d) DLC-2. The first row shows specimens after the 1.0-mm bending and the second row
specimens after the 1.5-mm bending. Original magnification: 50×.
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Table 4. Elastic modulus for non-coated and DLC-coated wires obtained by the three-point bending
test (GPa).
Bending Non-Coated DLC-1 DLC-2 p-Value
1 mm 170.45 a (1.87) 185.89 b (5.85) 181.84 b (3.50) 0.000
1.5 mm 170.26 a (2.18) 188.42 b (4.51) 180.80 c (2.54) 0.000
Notes: Values are presented as the mean ± SD; Identical letters indicate that mean values were not significantly
different (p < 0.05) by one-way ANOVA followed by the Games–Howell test.
3.4. Frictional Properties Measured by the Progressive Load Scratch Test and Drawing Friction Test
Table 5 summarizes the frictional forces determined by the progressive-load scratch test. Both
DLC-coated disk specimens had significantly lower initial and total frictional forces than the non-coated
disk specimen. There was no significant difference between the two DLC-coated specimens in terms of
the distance for detachment.
Table 5. Frictional forces obtained by the progressive-load scratch test (N).
Scratch Distances Non-Coated DLC-1 DLC-2 p-Value
5.0 mm 2.31 a (0.02) 2.01 b (0.03) 1.97 b (0.01) 0.000
0.5 mm 1.20 a (0.04) 1.03 b (0.07) 0.95 c (0.02) 0.000
Distance for
detachment (mm) – 1.05 (0.37) 1.27 (0.20) 0.269
†
Notes: Values are presented as the mean ± SD; Identical letters indicate that mean values were not significantly
different (p < 0.05) by one-way ANOVA followed by the Tukey multiple test; † There was no significant difference
between the two DLC-coated specimens in terms of the distance for detachment by Student’s t-test.
Table 6 summarizes the static and kinetic frictional forces determined from drawing-friction
testing of the non-coated and DLC-coated wire specimens under dry and wet conditions. Two-way
ANOVA showed that the coating procedure (non-coating, DLC-1, DLC-2) and test environment (dry,
wet) were statistically-significant factors affecting both the static and kinetic frictional forces. One-way
ANOVA and Tukey’s tests showed that the DLC-2 had a significantly lower frictional force than the
non-coated specimen, with the exception of the static frictional force under the dry condition. On the
other hand, the DLC-1 showed frictional force values that were similar to those of the non-coated
specimen, with the exception of the kinetic frictional force under the dry and wet condition. According
to the drawing-friction testing, the DLC layers were partially ruptured for the DLC-1 case, while no
rupture was observed for the DLC-2 condition (Figure 6).
Table 6. Static and kinetic frictional forces for the non-coated and DLC-coated wires in dry and wet
conditions (N).
Friction Test Condition Non-Coated DLC-1 DLC-2 p-Value
Static friction
Wet 2.39 a (0.30) 2.37 a (0.16) 2.09 b (0.22) 0.013
Dry 2.49 (0.33) 2.47 (0.18) 2.25 (0.24) 0.088
Kinetic friction
Wet 2.37 a (0.27) 2.32 a (0.17) 1.99 b (0.17) 0.001
Dry 2.55 a (0.21) 2.55 a (0.30) 2.21 b (0.18) 0.004
Notes: Values are presented as the mean ± SD; Identical letters indicate that mean values were not significantly
different (p < 0.05) by one-way ANOVA followed by the Games–Howell test.
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(a) (b) 
Figure 6. Stereomicroscope images of DLC-coated wires after the drawing-friction test. A portion of
the DLC layer had ruptured from the interface. (a) DLC-1 and (b) DLC-2. Original magnification: 50×.
4. Discussion
In this study, ca. 300 nm-thick DLC layers were deposited on orthodontic stainless steels.
The coatings were amorphous, which was consistent with previous findings [24]. The type of DLC can
be identified using a ternary phase diagram [16]. This diagram shows the fraction of carbon sites that
have sp2 (graphite-like) bonding, sp3 (diamond-like) bonding or bonding with hydrogen. Quantitative
analysis of sp2 and sp3 bonding in a DLC can be performed by XPS analysis [25,26]. In the present
study, the DLC-1 had a higher sp2/sp3 ratio (0.343) at the external surface region (ca. 13 nm deep),
while the DLC-2 had a lower sp2/sp3 ratio (0.181) at the external surface region. This indicated that
the external surface of the DLC-1 had a more diamond-rich structure than the DLC-2. After four
more layers had been sputtered, the sp2/sp3 ratio (measured at a depth of ca. 65 nm) was similar
for DLC-1 (0.235) and DLC-2 (0.283). Furthermore, this trend changed after 10 layers were sputtered
(measured at a depth of ca. 130 nm) when the DLC-1 displayed a lower sp2/sp3 ratio (0.201), although
the DLC-2 had a higher sp2/sp3 ratio (0.343). This indicated that the inner surface of the DLC-2 had a
more diamond-rich structure than the DLC-1. Nanoindentation testing suggested that the DLC-1 had
better mechanical properties than the DLC-2 at the external surface region, while the DLC-2 seemed
to have better mechanical properties than the DLC-1 at the inner surface region. These findings are
supported by the sp2/sp3 ratios measured at the different depths in this study, because the diamond
structure is harder than the graphite structure [16]. Quantitative analysis of hydrogen in a DLC can be
performed by elastic recoil measurements [27]. Using this technique, the average hydrogen content
of DLC-2 (27%) was slightly higher than that of DLC-1 (23%). A higher hydrogen content of a DLC
coating layer can lead to a higher hardness and elastic modulus [28,29], which may influence wear rate
and frictional properties.
Most DLC films are harder than metallic materials. DLC coatings using PBIID methods provide
hardnesses ranging from 6 to 20 GPa, depending on the deposition conditions [16,18,19]. The hardness
of the DLC layers determined by nanoindentation testing in this study ranged from 9.18 to 9.69 GPa
(when measured at a depth of ca. 70 nm), which is much higher than the 6.4 GPa measured by
nanoindentation testing under the 20-mN load of the as-received stainless steel orthodontic wire.
Additionally, the DLC layers showed a much higher elastic modulus compared with non-coated
stainless steel orthodontic wires [30], which should influence the elastic modulus of whole archwires.
This is supported by the three-point bending results of the present study. The DLC-coated wire
exhibited a significantly higher elastic modulus (by 6%–11% as measured by the three-point bending
test) than the non-coated wire. Fortunately, variation of this level may not influence clinical orthodontic
tooth movement because a wide range of initial orthodontic forces (18–1500 gf) has been proposed as
the optimum force for orthodontic tooth movement, and evidence is lacking regarding the optimal
force level [31]. Three-point bending at a span of 1.0 mm caused the coating layer to detach from the
inner core for only the DLC-1 wire. None of the coatings of the DLC-2 wires were damaged, probably
because the DLC-2 coating had better mechanical properties and adhesion.
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Several recent studies of DLC coating reported excellent frictional properties [9–12,18–20], fine cell
growth with non-cytotoxicity [18], less bacterial adhesion [32] and inhibited biofilm formation on the
metal with DLC coatings [33]. Similarly, the progressive-load scratch test in the present study revealed
that both DLC-coated disk specimens (DLC-1, DLC-2) displayed significantly lower frictional forces
than the non-coated disk specimens. One explanation for this behavior is that the DLC layer, with
higher hardness due to the diamond-rich structure, produced lower frictional forces because of a lower
wear rate [16]. Additionally, the hydrogen content might have contributed to lower friction under the
dry condition because of the elimination of free σ-bonds on the surface [12]. However, only DLC-2
produced significantly lower frictional force than the non-coated case in the drawing-friction test
with a 10◦ positioning of the bracket under the wet condition. This was attributed to partial rupture
of the coating of DLC-1, causing increasing wire-binding at the edge of the bracket [34], thereby
increasing the frictional force. Crack initiation and ruptured coating regions were not observed for
DLC-2, which suggested that the DLC-2 coating had good flexibility as a functionally-graded material
with outstanding adhesion to the orthodontic stainless steel substrate. Additionally, the hydrogen
content of the DLC layers might be important under the wet condition. Water molecules might react
with a hydrogenated DLC coating to form oxygen-containing hydrophilic groups on the surface
that could provide lubrication for the sliding counter surface [21,22]. Another possibility is that
hydrogen-terminated surfaces of a hydrogenated DLC coating may interact through weak van der
Waals forces [16,22].
The improved frictional properties demonstrated in this work for the DLC-coated samples suggest
that tooth movement by sliding mechanics using DLC-coated stainless steel wire may be superior
to that using conventional stainless steel wire. However, further randomized controlled trials are
required to assess the clinical efficacy.
5. Conclusions
Two types of DLC coatings (DLC-1, DLC-2), differing in hydrogen content, sp2/sp3 ratio and
mechanical properties, were deposited on orthodontic stainless steel substrates. These coatings affected
in vitro bending and frictional properties. DLC-2 showed superior frictional properties, good flexibility
and adhesion to the stainless steel. A DLC coating with a higher hydrogen content may provide a
better orthodontic wire.
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